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Elucidating how cardiovascular biomechanics is regulated during health and disease 
is critical for developing diagnostic and therapeutic methods. The extracellular matrix 
of cardiovascular tissue is composed of multiple fibrillar networks embedded in an 
amorphous ground substance and has been found to reveal time-dependent 
mechanical behavior. Given the multiscale nature of tissue biomechanics, an accurate 
description of cardiovascular biomechanics can be obtained only when 
microstructural morphology is characterized and put together in correlation with 
tissue-scale mechanics. This study constitutes the initial steps toward a full 
description of cardiovascular tissue biomechanics by examining two fundamental 
questions: How does the elastin microstructure change with tissue-level 
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deformations?  And how does the extracellular matrix composition affect tissue 
biomechanics? The outcome of this dissertation is believed to contribute to the field 
of cardiovascular tissue biomechanics by addressing some of the fundamental 
existing questions therein. 
Assessing alterations in microstructural morphology requires quantified 
measures which can be challenging given the complex, local and interconnected 
conformations of tissue structural components embedded in the extracellular matrix. 
In this study, new image-based methods for quantification of tissue microstructure 
were developed and examined on aortic tissue under different deformation states. 
Although in their infancy stages of development, the methods yielded encouraging 
results consistent with existing perceptions of tissue deformation. Changes in 
microstructure were investigated by examining histological images of deformed and 
undeformed tissues. The observations shed light on roles of elastin network in 
regulating tissue deformation. 
The viscoelastic behavior of specimens was studied using native, collagen-
denatured, and elastin-isolated aortic tissues. The stress-relaxation responses of 
specimens provide insight into the significance of extracellular matrix composition on 
tissue biomechanics and how the tissue hydration affects the relaxation behavior. The 
responses were approximated by traditional spring-dashpot models and the results 
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This dissertation is the outcome of four and half years of struggle in the pursuit of 
building the foundations of my career in bioengineering. Given my former 
background in the fields barely relevant to bioengineering and with purely theoretical 
nature, my transition to bioengineering and working on a project that dealt with all 
kinds of experimental challenges were adventurous and bold as well as 
procrastinating and unsteady. In my sometimes-nostalgic assessment of my previous 
career options, it was common for me to rethink making the decision of shifting my 
research field, but now that this dissertation is complete, I can feel that I am very 
delighted of each and every move. 
Having experienced working in theoretical and experimental fields, I can 
realize pros and cons inherent to each and if I am going to summarize my findings, I 
would say, ―what really matters are the experimental observations‖; theory is only a 
tool toward improving experimentation correctness. Though it might be already 
known, but I am specifically focusing on the importance of the relation between 
theory and experiment out of my personal experience. As an individual formerly 
working with theoretical techniques, I used to think theoretical observations are what 
really matters and experimentalists would be desperately happy if they produce 
results just close to theoretical ones. Now I think just the other way. 
In summary, what should be kept in mind throughout reading this dissertation 
is that any minor result therein has taken good amount of time to obtain. Though it 
might look similar, an experimental data point is considerably different from a 
theoretical data point. The former is real and the latter is imaginary. 
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I will end my little note by referring to a quote that I heard from a friend of 
mine who took it from the notes of another friend who had it anonymously. So 
without knowing the name of the original narrator, I will copy the following quote 
which puts the story in a beautiful and simple manner: 
   


















As far back as I remember from my elementary school era throughout the high school 
years and later on during the university times, there has always been the question of 
―Whether knowledge is better or wealth?‖. The simple answer to that question that we 
have been convinced was ―Knowledge‖ as it brings morals to the life, unlike fading 
―Wealth‖. This question has always been on my mind in shaping up my future life but 
simultaneously inherent was the at-the-time-paradoxical feeling that ―Wealth could 
be moral too‖. 
I don‘t ask the question of ―knowledge OR wealth‖ from myself anymore 
since there is a way for happy coexistence of ―knowledge AND wealth‖. However, 
this distinction might not be easy for everybody to realize and more importantly to 
take it into practice in daily life. The delicacy of the discussion is in the fact that 
knowledge brings power and power can be extremely advantageous or dangerous. 
The same knowledge that makes nuclear energy also makes nuclear bombs. 
I will finish my brief thought on this with a nicely-put quote by C. S. Lewis: 
 
“Education without values, 
as useful as it is, 
seems rather to make man a more clever devil.” 
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None of the existing models for mechanics of biological soft tissues is capable of 
universally characterizing soft tissue viscoelastic behavior in the sense that they are 
not able to describe tissue behavior under a variety of test conditions and within a 
wide range of loading/deformation. 
Studying the structural and mechanical properties of biological tissues in 
general, and cardiovascular tissue specifically, is significant mainly because: 
(1)Diagnostic/therapeutic tools for pathological conditions- During the pathological 
conditions in the cardiovascular system, the structural composition and mechanical 
properties of the cardiovascular tissues and the ECM alter and therefore impair the 
functionality of the system. Based on the difference between the structural and 
mechanical properties of the tissue under normal and pathological conditions, criteria 
can be developed for diagnosis of different disorders. For example, one of the roles of 
ECM is to act as the auxiliary pump to the heart to facilitate blood circulation. 
Understanding this is relevant in diseases like atherosclerosis which causes 
accumulation of macrophages and lipids inside the arterial vessel, prompted by low 
density lipoproteins [Maton 1993]. Atherosclerosis reduces the ECM‘s compliance to 
pulsatile flow, i.e., it increases the stiffness [Horvath 2003]. Therefore, a change in 
compliance of the ECM of cardiovascular tissue could be a measure to predict 
developing atherosclerosis. Another example of a fatal cardiovascular disease is the 
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local abnormal dilation of the arterial wall, known as aneurysm [Humphery 2002]. It 
is found that aneurysms initiate mainly at areas with abnormal elastin content, e.g., 
low concentration or structural alteration of elastin [He 1994; Sacks 1999]; however, 
the concentration of other components, like vascular smooth muscle (VSM) and 
glycosaminoglycan (GAG) also decreases [He 1994; Sobolewski 1995]. In addition to 
alterations in structural composition of the tissue, the pathological conditions can also 
occur due to changes in the normal configuration of the tissue. For example, the 
disorder of high frequency poststenosis vibrations of the arterial wall, e.g 
200 600f Hz   (compared to exciting frequency of heart beat of 1 8f Hz  ), which 
is accompanied by a noise referred to as bruit, occurs beyond the areas where the 
arterial vessel narrows down [Lillie 1986]. (2)Replacement for artificial tissue- Due 
to the compositional and structural alterations in the tissue, the tissue fails to function 
properly. If the level of alterations in the tissue is higher than what could be recovered 
physiologically, then the tissue can be substituted by transplant operation with a 
donated biological tissue or artificial one, which is in the area of tissue engineering. 
In order to generate the artificial substitute, which accurately mimics the original 
tissue, the first step is to characterize the mechanical and structural properties of the 
biological tissue [Buttafoco 2006; Cox 2006]. Arterial tissue engineering in particular 
has been the subject of numerous studies [Sarraf 2003]. 
The essential reason which limits predictability of exiting models in 
describing tissue behavior is that none of the models incorporates the fundamental 
basis of tissue viscoelasticity which is root-caused by tissue structural components 
and their interactions through extracellular matrix. Instead, majority of the models are 
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simply developed by parameter fitting to tissue behavior under certain conditions. 
Given the viscoelastic and highly nonlinear behavior of tissue biomechanics, models 
obtained by such approaches are not able to describe tissue behavior under new 
arbitrary conditions. Even in more biologically-inspired models, which include spring 
and damper components to mimic some of tissue structural features, predictability is 
limited to a narrow range of loading/deformation, because tissue viscoelastic 
properties vary under load and deformation, and therefore they can not be captured 
through constant elastic and viscous parameters.  
Any approach to accurately model tissue viscoelastic behavior under arbitrary 
conditions should capture the fundamental causes of tissue viscoelasticity which arise 
from its composite-like structure. Considering tissue composite structure, overall 
tissue biomechanics can be attributed to two different sources: (1)Mechanics of 
individual structural components, (2)Effects of interaction between different 
structural components through extracellular matrix. This research focuses on 
particular problems related to the roles of the elastin network in cardiovascular tissue 
viscoelasticity, as well as effects of interaction of elastin with the rest of the 
extracellular matrix. The global hypothesis for this research study can be summarized 
as: Elastin network biomechanics is correlated to vascular tissue biomechanics 
through the extracellular matrix composition. 
 
I.2. Background 
The level of sophistication in developing constitutive formulation for a material 
depends on the material property in question and the assumptions applicable to the 
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material. When developing the constitutive law for arterial tissue (and most of the 
biological soft tissues), it should be noted that the material is not elastic(e.g. hookean) 
[Fung 2003], but nonlinear, viscoelastic, anisotropic [Young 1977; Zhou 1997; 
Bischoff 2004; Fonck 2006] and more controversially, compressible [Humphrey 
2002]. Furthermore, there is another characteristic of soft biological tissues that 
makes modeling the material behavior more complicated and it is that the properties 
emerge as the result of interaction of different structural components. Therefore, the 
overall behavior of the tissue in whole, as a composite material, is different from that 
predicted by individual components. This effect is more dominant in properties of the 
tissue in vivo; however, depending on the test conditions in vitro, the biomechanics of 
the tissue could still be affected. Besides the aforementioned assumptions on the 
material properties of the arterial tissue, another geometrical approximation is to 
assume the blood vessel as a thin-wall vessel [Fung 1993]. This assumption facilitates 
the development of the constitutive formulation by simplifying the stress state of the 
arterial vessel to two components of circumferential and longitudinal stress and 
without a radial stress component
1
. 
Various approaches were applied to model cardiovascular mechanics where 
each makes certain assumptions in terms of material properties and mechanical 
behavior to simplify the modeling procedure. Some primitive studies on modeling 
arterial tissue assume that the material is homogenous and cylindrically orthotropic 
[Patel 1969; Choung 1986]. However, it is known that due to non-uniform and 
                                                 
1
 A pressure vessel with thickness t  and radius r  is treated as a thin-wall pressure vessel if 0.2t r  
which gives rise to wall stress state with circumferential stress component /c pr t   and longitudinal 
stress component 0.5 /l pr t  , where p  is the internal pressure [Timoshenko 1956, Shigley 2004]. 
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directional distribution of different components of the wall, the artery wall is 
extremely heterogeneous and anisotropic, respectively [Matsumoto 2004; Fonck 
2006]. In fact, the heterogeneity of the arterial wall material due to its fibrilar 
structure is to the extent that a great deal of research is performed to model the 
arterial tissue as fiber-reinforced composite material [Shadwick 1998; Holzapfel 
2000(b); Demjancukova 2006; Gundiah 2007]. 
Clinical and experimental observations on the behavior of arterial tissue 
indicate that the arterial tissue is viscoelastic which means that the mechanical 
behavior of the tissue is changing over time, i.e., it is in a state of non-equilibrium 
[Apter 1964; Gow 1968; Fung 1972(a)]. Indeed, the viscoelasticity of the 
cardiovascular tissue is vital for proper functioning of the cardiovascular system. 
Amongst many others, one example which shows the necessity of the tissue to be 
viscoelastic is the timely gradual contraction and dilation of pulmonary and systemic 
artery tissues, respectively, during hypoxic
2
 conditions that facilitate the proper 
oxygen circulation [Tsai 2004]. The time-variation of the arterial mechanics is one of 
the challenges in many existing modeling techniques. 
Based on the observations from loading the tissue with monotonically-
increasing and monotonically-decreasing loads, the behavior of the tissue is 
approximated to be time-independent, which motivates developing nonlinear 
(hyper)elastic models for arteries [Skalak 1975; Fung 1993]. Though capable of 
capturing the behavior of the tissue under simple loading or unloading experiments, 
the elastic models are unable to reproduce the time-dependent behavior of the tissue, 
e.g. stress relaxation, creep and cycling loading. 
                                                 
2
 Hypoxia is the condition of deficiency of oxygen of the tissue.  
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To deal with the inelastic behavior of the arterial tissue, the concept of 
pseudo-elasticity was introduced by Fung [Fung 1972(a)] and reported in other 
studies [Chuong 1986; Zhou 1997].  Observing the hysteresis in strain-stress behavior 
during loading and unloading of the arterial tissue, though small, was the main basis 
for Fung‘s development. The material behavior is modeled as two simultaneous, yet 
different, elastic models, one for the loading region and one for the unloading region. 
Fung realizes that instead of looking at nonlinear data of stress, e.g. 
~
P , 1st Piola-
Kirchhoff, versus stretch,  , the data can be re-plotted as, what he called stiffness, 
~
/d P d , versus 
~
P  which surprisingly demonstrates a linear behavior [Fung 1967]. 














                                                    (1) 








                                                       (2) 
where the constant c  is determined from the initial stress value at 1 , e.g. 0
~
P  
for the unloaded tissue with no residual stress. However, for strain energy derivation, 
W , the 2nd Piola-Kirchhoff stress, 
~
S , is used instead of 
~
P . Since the correspondent 
strain tensor to 
~
S  is the Green-Lagrange strain tensor, 
~
E , the strain energy 










                                                       (3) 
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Motivated by the exponential form of the 1st Piola-Kirchhoff stress, strain 
energy function is also chosen to be exponential in terms of Green-Lagrange strain 
and therefore the resulting 2nd Piola-Kirchhoff stress also gets the exponential form.  





W c e  
  
                                                  (4) 












                                                (5) 
where Q  is an arbitrary function of Green strain tensor, 
~
E . After fitting different 
functional forms )(
~
EQ , it is realized that the following quadratic form gives the best 





IJKL IJ KLQ E c E E                                           (6) 
Fung proposed the idea of pseudoelasticity to merely account for the 
hysteresis phenomenon in loading and unloading of the arterial tissue with the idea 
that each of the loading and unloading parts could be modeled as separate elastic 
behaviors. On the other hand, the Fung exponential model was based on data from a 
uniaxial test and therefore it does not account for anisotropy of the tissue. Indeed, the 
Fung model is a phenomenological model mainly motivated by the behavior of the 
tissue under cyclic loading and it does not capture any tissue structural contributions 
nor the effects of tissue components on the viscoelastic behavior of the tissue 
[Humphrey 2002]. It should be noted that the material modeled by this formulation is 
still an elastic material, sometimes called Fung elastic, and thus inappropriate for 
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modeling a viscoelastic material such as arterial tissue. However, the pseudo-
elasticity model might appreciate the fact that the behavior of the tissue is not purely 
elastic, although it does not accurately predict the viscoelastic behavior of the tissue, 
particularly under different dynamic and high strain-rate loading experiments 
[Humphrey 2002]. Fung‘s constitutive model of the stress-strain behavior of most soft 
tissues is nonlinear and so it is not that straightforward to develop a universal model 
fitting different data. After all, because of its unique handling of the nonlinearity, 
Fung‘s model is still among the common models used to model soft tissue behavior. 
Aiming to capture the behavior of the tissue in certain experiments, nonlinear 
empirical models were also proposed, such as the rubber-based model proposed by 
Fung [Fung 1972(b)]. It has been known for long time that biological tissues are not 
practically Hookean [Roy 1880]. Indeed, the pure Hooke‘s law is of no practical 
application to describe any material behavior and even metals follow the Hooke‘s law 
only up to very small strain level, e.g. 0.2%  [Timoshenko 1956]. Biological soft 
tissues are no exception in this matter where they do not follow the Hooke‘s law as 
well [Fung 1993], and the most evident observation to prove this is the nonlinearity of 
the behavior of the tissue. If the behavior of biological soft tissues is desired to be 
compared with that of any nonliving material, the closest material is an elastomer, 
e.g. rubber [Humphrey 2002]. Therefore, there have been studies to model the 
biological soft tissues as rubber-like material which go under the field of finite 
elasticity. Since, the stress, which is used in the following formulations, is the Cauchy 
stress tensor, 
~
 , the corresponding strain tensor is the right Cauchy-Green strain 
tensor, 
~
C . The finite elasticity is essentially part of the hyperelasticity theory, which 
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means that the stress derivation is based on the strain energy function. The goal here 
is to appropriately define strain energy as a function of the right Cauchy-Green strain 
tensor, 
~
( )W C  [Humphrey 2002]. More specifically, the strain energy function is 
preferred to be formulated not as an explicit function of strain, 
~









( ) ( , , )C C CW C W I II III                                          (7) 
where 
~ ~












detCIII C . Adopting finite elasticity 
with an isothermal approach for rubber (and presumably for a rubber-like material) 




( ) ( , ) ( 1)C C CW C W I II l III                                     (8) 




det [det ] 1CIII C F J    , and so the additional term in Eq. 8 serves as a constraint 
with Lagrangian multiplier of 
~
l . Similar to Eq. 3, the Cauchy stress tensor can be 










                                                 (9) 
Substituting Eq. 8 into Eq. 9, transforming the right Cauchy-Green strain 
tensor, 
~
C , into the left Cauchy-Green strain tensor, 
~
b , and simplifying the relations 
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I  is the identity tensor with the proper dimension. Now, the exact form of the 
strain energy function, W , should be specified in order to determine the stress-strain 
relation. Numerous different forms for the strain energy function of Eq. 8 or other 
forms have been proposed in the literature [Mooney 1940; Rivlin 1951; Carmichael 
1961; Hart-Smith 1967; Valanis 1967; Treloar 1975; Ogden 1984]. Based on the 
same form of strain energy function, 
~
( )W C , as given in Eq. 8, two of the most 
common models developed are the Neo-Hookean and Mooney-Rivlin models.  
Motivated by the polymeric structure of elastomers and based on statistical 
mechanical models of long-chain molecular structures with various idealizations for 
molecule-to-molecule interactions, Treloar proposed his strain energy function from a 
purely entropic model as [Treloar 1975]: 
~~
( ) ( 3)CW C I                                           (11) 
with the coefficient as nkT  , where n  is the number of polymeric chains per unit 
volume, k  is Boltzman‘s constant and T  is the absolute temperature, and so it is 
immediately realized that in isothermal problems,   is constant. The resulting 














    
 
 
                              (12) 
Partly due to the linear relationship between the Cauchy stress tensor and the 
left Cauchy-Green strain tensor which exist in Eq. 12, this formulation is called the 
Neo-Hookean constitutive law. Despite the accuracy of the Hookean relation in 
modeling rubber behavior only to a very limited strain level, the Neo-Hookean model 
captures the behavior of rubber up to a strain level of 30%   [Humphrey 2002]. 
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Motivated by experimental observations to find a strain energy function which 
yields a stress relation with nonlinear strain-stress behavior in extension but linear in 
shear, Mooney proposed his strain energy function, 
~
( )W C , as [Mooney 1984]: 
                                  
~ ~~
( ) ( 3) ( 3)C CW C I II                                       (13) 
where   and   are material constants with units of stress. Due to contributions of 
Rivlin, this model is well-known as the Mooney-Rivlin constitutive law. It should be 
mentioned that the form of the strain energy in Eq. 13 has no physical interpretation 
and it is mostly a mathematical postulation, however, it extends the benefits of the 
Neo-Hookean model in some applications. For example, it gives a better description 
for the behavior of elastomers in higher strain ranges. 





CII  and 
~
CIII , there are other models which are developed 
from the strain energy function written directly in terms of eigenvalues of the right 
stretch tensor, 
~
U , i.e. principal stretches, 
i  with 1,2,3i  . Among these models, the 
most well-known is the one introduced by Ogden [Ogden 1984], which proposed the 
strain energy function as: 
1 2 3 1 2 31





       

                          (14) 
where k  and k  are material parameters. Stress calculations based on this strain 
energy function lead to constitutive relations known as Ogden constitutive law. For 




When trying to apply the rubber-based material models, e.g. Fung, Neo-
Hookean, Mooney-Rivlin, Ogden, etc., to soft biological tissue, it should be noted 
that none of these model characterizes the true behavior of the tissues and that is 
because of the essential assumptions which have been made in developing these 
models. For example, the energy formulation used in these models has no dissipative 
term to account for the viscosity of the tissue. Therefore, these models do not describe 
the behavior of a viscoelastic material such as arterial tissue. In addition, since these 
models are developed primarily to model rubber, it is reasonable to assume the 
material to be incompressible and isotropic. However, when applied to soft tissues 
with fibrous structure and porous walls, these assumptions are not valid anymore. 
Most of the rubber-based models even fail to capture the thermal variation in the 
material -which is inherent to biological soft tissues- and are valid only for isothermal 
processes [Humphrey 2002]. Another assumption, that further undermines the 
application of rubber-based models for arterial tissue, is material incompressibility 
[Humphrey 2002]. The Fung empirical model has been particularly shown incapable 
to capture the behavior of soft tissues, except in a very small range of frequency 
[Decraemer 1980]. 
The next step toward incorporating the viscoelastic features of the arterial 
mechanics has been taken by building a tissue mechanical model composed of 
viscous and elastic components, i.e. spring and dashpot, respectively. This 
component-based approach is a subset of the more general methods to characterize 
energy dissipation in non-equilibrium behavior of viscoelastic materials, through 
models that incorporate internal variables to account for non-equilibration processes 
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[Holzapfel 2000(b); Haslach 2005]. The constitutive law for individual elastic and 
viscous components is given by: 
cF cu                                                       (15) 
kF ku                                                       (16) 
where 
kF  and cF  are the force through the elastic and viscous components, 
respectively, k  and c  are the elasticity and viscosity constants, respectively, and u  is 
the uniaxial deformation of the component. By utilizing a different number of elastic 
and viscous components attached together in different configurations, various 
viscoelastic constitutive laws could be obtained. Two of the linear viscoelastic models 
composed of different arrangements of elastic and viscous components are the 
Maxwell and Kelvin-Voigt models, Figs. 1(a) and 1(b), which were proposed to 
describe the non-equilibrium processes of stress relaxation and creep, respectively 
[Holzapfel 2000(b)]. The Maxwell model describes stress relaxation as: 
   /
0( )
kt ct ke                                                  (17) 
where 0  is the constant strain under which stress relaxation occurs. As far as stress 
relaxation modeling concerns, the Kelvin-Voigt model is not capable of describing 
the stress relaxation behavior -only the creep behavior. These constitutive laws 
produced by these models are linear viscoelastic with limited applicability. However, 
a more general viscoelastic model has been developed to describe the behavior of 
viscoelastic materials during different non-equilibrium processes. Based on the 





0 2 1( )
k t c
t k k e                                                (18) 
It is shown that the standard linear solid model was able to describe some 
dynamic behavior of the arterial tissue, though in a limited loading rate [Staverman 
1956] and its modified version was also used to model the viscoelastic behavior of 
strain-controlled loading of the arterial tissue [Apter 1964]. Although, there exist 
studies which attempt to correlate viscoelastic behavior of the arterial tissue to its 
microstructure [Apter 1966; Apter 1968], the component-based models do not 
essentially incorporate the physiology of the tissue. They are also not capable of 
describing the nonlinear, viscoelastic, anisotropic and non-isothermal behavior of the 
arterial tissue under non-equilibrium processes. 
A modified configuration of the linear standard model has been applied to 
arterial tissue under strain-control loading mode [Apter 1964]. Modified Kelvin-Voigt 
model with a sequence of different-length spring elements was also adapted to model 
arterial tissue specifically to account for stiffening of the tissue under stretch [Viidik 
1968]. A combination of spring-dashpot models based on the properties of each of the 
elastin and collagen components with corresponding probability density functions for 
each, was adapted by Lanir to model the structural elastin-collagen network [Lanir 
1983]. However, the complexity of determining the parameters of the model as well 
as the fact that the interaction of individual components is not taken into account in 





Figure 1- Most commonly used spring-dashpot structures to model viscoelastic behavior: 
(a)Maxwell, (b)Kelvin-Voigt, (c)Standard linear solid. 
 
All the modeling approaches considered so far require making some type of 
assumption to simplify the artery tissue material and developing methods to 
determine a set of model parameters. This usually encompasses performing numerous 
—often long-term— experiments which is a major drawback for many of these types 
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of models [Haslach 2005]. To avoid dealing with such drawbacks, another approach 
is to use the strain energy functions to develop appropriate constitutive formulations 
for arterial tissue. For example, constitutive relations for arterial tissue have been 
derived from strain energy functions. However, the arterial tissue has been assumed 
to be (nonlinear) elastic and incompressible, which impairs the accuracy of the model 
and does not capture the time-variation of the tissue‘s behavior [Chuong 1983; 
Hayashi 1993; Humphrey 1999; Holzapfel 2000(a)]. On the other hand, many studies 
have been based on the elastic strain energy function (or elastic complementary strain 
energy function) which leads to hyperelastic (or hypoelastic) constitutive relations, 
respectively, which do not capture the time dependence of the tissue mechanics. 
To extend the energy-based derivation for viscoelastic modeling, dissipative 
energy components have been added in the energy function to account for the 
viscoelastic features of the behavior. Recent developments in modeling the 
viscoelastic behavior of arterial tissue have used the concepts of elastic and viscous 
properties of each of the main arterial components to develop appropriate strain 
energy functions [Zulliger 2004]. For example, the Helmholtz energy function is 
written as a sum of a long-term hyperelastic component and a viscous component 
[Holzapfel 2000(a), Bonet 2001]. This formulation leads to stress with elastic and 
viscous terms, which could describe the viscoelastic behavior of the tissue more 
accurately. Incorporating the effects of the tissue‘s structural components in the 
process of developing the (viscoelastic) model is the least considered approach. 
An entire category of modeling techniques is based on taking more direct 
approaches in describing the soft tissue as a composite material. A wide range of 
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studies on the modeling of soft tissues as fiber-reinforced composite materials has 
been carried out mainly to account for the roles of microstructural components within 
the tissue extracellular matrix [Kunzelman 1992; Huijing 1999; Wu 2002; Basciano 
2009; Karami 2009; Tang 2009]. 
The Cosserat constitutive theory (also known as micropolar theory) has 
initially been developed to improve the modeling of composites with fibers or 
particles by enriching the classical elasticity with rotation degree of freedoms on the 
particles and had been further developed to model more complicate materials 
[Spillmann 2009]. Models based on Cosserat elasticity have been applied to predict 
different characteristics of biological tissues [Park 1986; Lakes 1990; Ivancevic 2009; 
Banerje 2009], specifically deformation of blood vessel tissues [Li 2009]. 
 
I.3. Research Objective 
The following section reports the research objective for this study. The two specific 
aims that will be pursued along with the corresponding initiating hypotheses are 
explained.  
 
I.3.1. Specific Aim 1: Multiscale Deformation Correlation 
Understanding the correlation between microscale and macroscale deformation 
mechanisms is critical in characterizing vascular tissue biomechanics. During tissue 
deformation, individual microstructural components deform under different 
mechanisms while interacting with each other and with the extracellular matrix. 
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Studying the relation between tissue microstructural configuration and macroscale 
mechanical behavior helps in understanding the contribution of individual 
components to the overall tissue biomechanics. Given the significant role of elastin in 
regulating tissue deformation, the first specific aim is: 
 
 Determine how elastin fibrillar networks reconfigure during tissue deformation. 
Hypothesis 1: The elastin network conformations within the tissue are 
regulated by and correlate with tissue-scale deformations. Methodology: Specimens 
from native and elastin-isolated aortic tissue were tested at different loadings. 
Histological sections were characterized for elastin network conformations. 
 
I.3.2. Specific Aim 2: Factors Affecting Viscoelasticity 
Another relevant problem is to understand the effects of elastin microstructural 
interactions with the matrix on tissue viscoelastic behavior. Elastin mechanical 
behavior is shown to shift from crystallized-like to rubbery-like materials at the 
extremes, and vice-versa, depending on different factors, most importantly hydration. 
Common causes of change in elastin hydration can be a change in tissue water 
content, which directly correlates with elastin hydration, and alteration in 
extracellular matrix composition, which indirectly limits the amount of water 
available to elastin molecules. Given the importance of extracellular matrix 





 Determine how extracellular matrix alterations affect tissue viscoelastic behavior. 
Hypothesis 2: The amount of water in the extracellular matrix is an important 
factor in regulating the viscoelastic behavior of tissues. Methodology: A two-stage 
humidifying method was used to prepare specimens with controlled water content. 
Specimens were tested under stress relaxation and the mechanical behavior was 
characterized under different conditions. 
Hypothesis 3: Alterations in composition of the extracellular matrix change 
the tissue viscoelastic behavior. Methodology: Specimens from native, matrix-
degraded, and elastin-isolated tissues were tested under stress relaxation and the 
mechanical behavior was characterized under different conditions. 
 
I.4. Research Approach 
The following tables provide a snapshot of the research steps involved in 
accomplishing each of the specific aims set previously. 
 
Correlation of Elastin Deformation with Macroscale Deformation: To study 
macro-scale deformation and histological changes under different values of tissue 
stretch, a custom-made device was used to maintain tissue specimens at certain 
deformation states. Histological examinations were performed on the tested 
specimens in order to study the microstructural changes for each of the loading cases. 
Initial histological studies were performed on specimens under no loading whose 
results provide the tissue undeformed microstructure. The second set of histological 
studies was performed on specimens under constant stretch. The final set of 
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specimens was studied after these have been released from stretch. Histological 
sections were extracted from the specimens under each of the loading protocols and 
were stained for highlighting elastin microstructure. Elastin configuration was 
quantified for their directionality. Evaluating elastin microstructural changes during 
tissue deformation sheds light on its correlation with tissue deformation. Table 1 























Table 1- Summary of test procedures and observations involved in investigating the correlation 
between microstructural- and tissue-scale deformations.  
Category I Category II Category III 
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Mechanical Testing of Matrix-Degraded and Elastin-Isolated Specimens: 
Tissue specimens were processed through a two-step chemical treatment. The first 
step yielded matrix-degraded specimens (collagen-denatured) while the second step 
resulted in elastin-isolated specimens embedded in an aqueous matrix. Separately, a 
customized hydration method was used to prepare specimens with a specific water 
content during storage and mechanical testing. Direct effects of tissue hydration on its 
viscoelasticity were characterized through comparing stress-relaxation of variably-
hydrated tissue specimens. Furthermore, swelling and stress-relaxation of native, 
matrix-degraded and elastin-isolated specimens were used to understand the effects of 
alteration in matrix composition on tissue viscoelasticity, for instance, indirect effects 
of hydration through blockage of available water molecules to elastin. Table 2 shows 















Table 2- Summary of test procedures and observations involved in investigating the viscoelastic 
behavior of native and matrix-degraded tissue specimens. 
Category I Category II Category III 
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II. FUNDAMENTALS OF CARDIOVASCULAR SYSTEM 
 
This section aims to review some of the basic terminology and fundamental concepts 
on the cardiovascular system which set the background for the rest of the dissertation. 
 
II.2. Vascular Tissue 
The entire system of blood circulation within the body is known as the cardiovascular 
system, which includes the heart and associated valves –cardiac system– as well as 
the hierarchy of blood vessels including arteries, arterioles, capillaries, venules and 
veins –vascular system [Humphrey 2002]. Since the focus of this study is on the 
mechanics of arterial tissue, the main part of the vascular system, the rest of this 
section is dedicated mainly to the composition and structure of the arterial tissue. 
The extracellular matrix (ECM) constitutes a major component of biological 
soft tissues, including vascular tissue. The major constituents of ECM are different 
types of proteins with the most prevalent ones being collagen, elastin, proteoglycan, 
actin, myosin, fibroblast, fibronectin and chaperon. The existence of specific proteins 
with different density and orientation, as well as the interaction between them, is 
necessary to provide different tissues with specific properties and functioning 







Figure 2- Schematic illustration of elastin-collagen structure in tissue extracellular matrix (Currey 
2005). 
 
II.2.1. Main Constituents 
Though varying in configuration and concentration, the main components of the 
arterial tissue are Elastin, Collagen, Smooth Muscle Cell and Proteoglycans 
[Humphrey 2002], Fig. 2. 
 Elastin- The elastin protein is one of the major constituents of most of 
the biological connective tissues [Fung 1993]. The mature, cross-linked elastin 
molecule is inert and so stable that, in normal circumstances, it lasts in the body for 
the entire life of the organism [Fung 1993]. The importance of elastin in arterial tissue 
is indicated by its prevalence in the tissue, e.g. constituting about 60%  by weight of 
the pig thoracic aorta [Minns 1978]. The elastin within the tissue is hydrated with 
interstitial fluid, but considering the pure dry elastin, it has a density of approximately 
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31.23 10 /e gr mL
   ( 3 31.23 10 /e gr mm
  ) [Scandola 1980]. The main role of the 
elastin in connective tissues is to provide the tissue with the required (visco)elastic 
properties [Fung 1993; Humphrey 2002]. Elastin is mainly responsible for recovering 
the deformation of the tissue to its original configuration. Elastin‘s physiological 
stretch range is 1.2 1.7    [Apter 1967; Lillie 1996] and can tolerate stretch up to 
2.50u   before failure [Humphrey 2002]. 
 
Figure 3- Schematic illustration of deformation mechanisms of elastin fibers under stretch (Alberts 
2002) 
 
Elastin recovers the deformation by storing energy in the systole and returning 
it to the blood vessel in the diastole, which also smoothes the intra-arterial pressure 
fluctuations to protect tissue against high blood pressure [Lillie 1990]. There exist a 
lot of speculations in the deformation mechanisms of the elastin network and how 
they relate to tissue deformation. As it is schematically shown in Fig. 3, it is believed 
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that elastin fibers are cross-linked to each other and to the extracellular matrix and 
they start to straighten under tissue stretch. The cycling loading of elastin fibers 
indicates the existence of a hysteresis loop due to energy dissipation, which indicates 
that elastin is a viscoelastic material [Fung 1993]. 
 Collagen- Collectively, collagen is the most abundant protein within 
different tissues of the body (approximately 25% 30%  of all proteins) including the 
cardiovascular tissues which posses mostly collagen types I, III, IV as well as types 
V, VI and VIII [Mayne 1986]. The collagen molecules consist of three polypeptide  
chains, each containing 1300 to 1700 amino acid residues which are primarily 
organized in a central triple-helix motif [Ayad 1994], which is in the order of 285nm  
in length and 1.4nm  in diameter. The cross-linking of collagen molecules forms 
collagen micro-fibrils and further engaging of micro-fibrils leads to collagen fibers 
with 1 500 m  in diameter, which constitute the tissue, Fig. 4. On average, collagen 
fibers are orienting approximately along the circumferential direction. The angle 
between collagen fibers and the circumferential direction is almost 0  for collagen 
fibers in medial regions and about 40  in adventitial regions [Holzapfel 2007]. 
Collagen fibers have high tensile strength, e.g. 100MPa  for type I collagen in tendons 
[Humphrey 2002], which is significant given that the tensile strength of cast iron is 
only twice that amount. Therefore, collagen fiber is a strong load-bearing component 
and thus, the main role of the collagen is to provide the tissue with the required 
mechanical integrity and strength [Fung 1993]. Due to their undulated configuration 
in the physiological range of deformation (and loading), the collagen fibers do not 
affect the mechanics of the tissue except at tissue stretch levels beyond 1.7 1.9    
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[Hoeve 1958; Apter 1967]. Unlike the elastin fibers, the straightened collagen fibers 
show very little flexibility before failure, having an ultimate stretch of 1.10u  , 
measured from initial length of straighten fibers [Humphrey 2002]. 
 
 
Figure 4- Schematic illustration of hierarchical levels of the collagen structure (Humphrey 2002). 
 
 Smooth Muscle Cell- Smooth muscles are the muscles whose 
striations are not visible and those available in vascular tissue are called vascular 
smooth muscles (VSM) [Fung 1993], which comprise about 25% 60% of the arterial 
tissue [Milnor 1990]. The size of the VSM cells is much smaller than that of many 
skeletal and heart muscle cells [Burnstock 1970] and it varies around 100 m in length 
and 5 m in diameter [Humphrey 2002]. This component is typically embedded in an 
extracellular plexus of elastin and collagen as well as an aqueous ground substance 
 29 
 
matrix containing proteoglycans. Though variant in concentration and structure in 
different regions of cardiovascular tissue, the VSM is mainly responsible for 
regulating the local strain and stress distribution within the tissue and to eventually 
regulate blood flow [Humphrey 2002]. This is primarily due to capability of the VSM 
cells to change their contractile tone, i.e. to be in contraction, normal configuration or 
dilation. It is found that there exists a correlation between the tone of the VSM and its 
stress state [Wang 1995]. In the other word, the VSM change its tone if it experiences 
certain level of stress, e.g. shear stress, and that, in turn, regulates the stress state. 
Compared to that of striated muscle cells, the response time of VSM is longer and it 
normally takes 1 10t s   for a VSM to reach its maximum tone [Somlyo 1992]. Most 
of the unique properties of the VSM are associated with specific interaction 
mechanisms and configurations of actin and myosin –two other important ECM 
proteins [Horowitz 1996]. 
 Proteoglycans- A small portion of the ECM is composed of 
proteoglycans, molecules with a core protein and attached multiple chains of 
glycosaminoglycan(GAG), Fig. 5. The proteoglycans are distributed heterogeneously 
in the ECM [Radhakrishnamurthy 1977] with no preferred structural organization. 
However, due to their high negative charge and low-density chains, proteoglycans 
play important roles in absorbing water into the ECM [Humphrey 2002] as well as in 
maintaining the integrity of the ECM [Berenson 1971]. Through cross-linking to 
collagen and elastin, proteoglycan contributes significantly to the mechanics of the 





Figure 5- Schematic illustration of proteoglycan molecules and attached GAG chains (Currey 2005) 
 
II.2.2. Wall Layers 
Figure 6 shows the wall of arterial tissue which consists of 3 different layers of 
Intima, Media and Adventitia varying in the density and orientation of structural 
constituents. 
 
 Tunica Intima: Very thin inner-most layer of the wall which is 
composed of: (a)Monolayer of endothelial cells which are usually flat and elongated 
in the direction of the blood flow, 0.2 0.5 m thick, 10 15 m  wide, 25 50 m  long, 
(b)Underlying basal lamina with 80nm  thickness which is largely composed of net-
like type IV collagen, the adhesion molecules laminin, fibronectin, and some 
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proteoglycans, (c)Subendothelial layer of connective tissue & axially oriented smooth 
muscle cells (in Aorta and Coronary). 
 Tunica Media: The middle layer of the artery wall which consists of: 
(a)Spindle-shaped smooth muscle cells with length of 100 m  and diameter of 5 m , 
(b)Fenestrated layers of elastic lamina, (c)Fibrils of Collagens of types I and types III, 
V, (e)Aqueous ground substance matrix containing proteoglycans. 
 
 
Figure 6- Arterial wall with three different layers of Intima, Media and Adventitia (Fox 2008). 
 
 Tunica Adventitia: The outer-most layer of the arterial wall which is 
composed of: (a)Dense network of type I collagen fibers which tend to orient axially 
and undulated and limit high dilations of the artery wall, (b)Admixed elastin, nerves, 





Figure 7- Schema of arterial wall with three different layers as well as endothelial layer (Stjin 2005). 
 
II.3. Blood-Wall Interaction 
The circulating blood throughout the vascular system is in contact with the 
wall of the blood vessels at the inner surface of the blood vessels, which is part of the 
most-inner layer, the tunica Intima, Fig. 7. As described above, the Intima is partly 
composed of specialized cells which are called endothelial cells [Holzapfel 2000(c)]. 
Endothelium cells form a very thin endothelial layer which is responsible for solid-
fluid interaction in the vascular system. In fact, these cells experience the main part of 
the loading on the vascular tissue, which is due to blood pressure, and regulate the 




II.4. Regional Variation 
The geometrical properties and mechanical behavior of the artery tissue vary 
regionally depending on the anatomical and physiological specifications. Specifically, 
the following factors are decisive in determining the mechanical properties of the 
tissue: 
 Elastic vs. Muscular: The elastic regions are those in the artery which 
are closer to heart, e.g. upstream aorta or main pulmonary artery, whereas the 
muscular regions are those that are closer to arterioles, e.g. coronaries, cerebrals. The 
main difference between the elastic and muscular arteries is in the configuration of 
smooth muscle cells, Fig. 8. In elastic artery tissues, the medial smooth muscle is 
organized into 5 15 m -thick concentric layers that are separated by 3 m -thick 
fenestrated sheets of elastin. In contrast, the smooth muscle cells in muscular arteries 
are arranged in one thick single layer, which is separated from the Intima and 
Adventitia layers by two thick internal and external elastic laminas. 
 Pulmonic vs. Systemic: The pulmonic vascular system includes those 
vessels from the heart to the lungs which carry oxygen-poor blood for reabsorbing 
oxygen at the lungs, whereas the systemic vascular system consists of those feeding 
vessels which carry oxygen-rich blood from the heart to the tissues in the rest of the 
body. The important difference between these two types of vessels in testing 
mechanical properties is the noticeable difference in their blood pressures. The range 
of blood pressure in the pulmonic vessels is from 1.07 3.33kPa  (8 25mmHg ) with 
5kPa  as the injury threshold pressure, whereas that of the systemic vessels is around 





Figure 8- Microstructure of arterial wall: (TOP) elastic, (BOTTOM) Muscular (Rhodin 1979). 
 
II.5. Physiological Conditions 
Physiological conditions refer to the loading and deformation states of the 
cardiovascular tissue during the normal range of operation. The aortic blood pressure 
typically changes between 0 13.7p KPa   at time of diastole and systole, 
respectively, which causes a stretch ratio of about 1.3   in the tissue [Lillie 1990]. 
Elastin‘s lower end of physiological range is 1.25  [Lillie 1996]. Non-physiological 
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conditions refer to the tissue‘s loading patterns and associated deformations due to the 




III. DEFORMATION CHARACTERIZATION 
III.1. Background 
A large portion of the biological soft tissues exhibit multiscale biomechanics in which 
the mechanical behavior of the tissue has characteristics deriving from 
microstructural components [Lillie 1986; He 1994; Weinberg in press]. Characteristic 
changes in tissue fibrillar structure can potentially serve as an early diagnostic marker 
in various pathological processes which, in turn, necessitates establishing more 
precise measures of quantifying the tissue microstructure [Weibel 1989; Roberts 
2000; Erikson 2007]. Unlike at tissue-scale, where measuring a specimen‘s 
dimensions can provide a sufficient description of tissue deformation, quantification 
of microstructural deformations is a challenge [Avolio 1998] and has been one of the 
principal areas of advancement in experimental biology over the past decade 
[Bolender 1992]. 
Most of the traditional methods for assessing tissue microstructure have been 
limited to providing qualitative or semi-numerical assessments of the microstructure 
[Knodell 1981; Ishak 1995; Brunt 2000; Dahab 2004], rather than fully quantitative 
measures. The outcome of a qualitative assessment of the microstructural 
configuration is prone to subjective interpretations by different individuals [Soloway 
1971; Bedossa 1994; Masseroli 2000], and it has been found that there could be high 
discrepancy in the results when the experiments are repeated [Bedossa 1994; Ishak 
1995; Brunt 2000]. It is difficult to develop highly reproducible and standardized 
qualitative measures for assessing microstructural configuration [Kage 1997]. To 
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overcome the drawbacks of the qualitative assessment, digital morphometric image 
analysis has been attempted to develop quantitative measures [Masseroli 2000; Zipfel 
2003; Dahab 2004; Hui 2004]. Nonlinear optical microscopy, such as excited 
fluorescence and multiharmonic generation, has been becoming common practice in 
tissue imaging [Freund 1986; Denk 1990; Maiti 1997; Chu 2001]. Second harmonic 
generation has been used to measure highly ordered structures such as type I collagen 
[Brown 2003; Theodossiou 2006; Strupler 2007]. Sun et al. has applied second-
harmonic generation and two-photon excited fluorescence to quantify the alterations 
in fibrillar collagen in liver tissue during chronic liver diseases [Sun 2008]. However, 
these methods can be costly and only effective when applied on subjects with a highly 
crystalline triplehelix structure that is not centrosymmetric, and the molecules are 
organized on the scale of the wavelength of light, such as collagen [Erikson 2007]. 
An entire technique of digital image correlation (DIC) has been developed to 
investigate microscale deformation measurements through registering sequences of 
digital images at multiple times [Bruck 1989; Robert 2007; Lord 2008], and the 
method has recently been used for soft tissues [Sutton 2008; Moerman 2009]. The 
effectiveness of the DIC method is limited to applications where multiple images can 
be extracted from the phenomenon. However, the in vitro procedures adapted in the 
current study are invasive such that histological images can be generated from tissue 
specimens only at one point in time and therefore the DIC technique is not suitable 
for this work. Another approach to studying the microstructural morphology in soft 
issues is through analyzing the histology images obtained under the microscope 
[Castleman 1996; Amenabar 2006]. Conventional methods of quantifying histology 
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images, such as linear integration, counting points or the use of a polar planimeter, 
are manual methods that can be carried out by an operator. Except for a few studies 
that reported comparable results of manual analysis to those of semi-automated 
methods [Amenabar 2003; Amenabar 2006], it has been found that manual 
quantification of histology images is not able to provide repeatable, non-biased and 
descriptive measures of the morphological state [Manderim-de-lacerda 1995; Avolio 
1998; Dickson 2003]; primarily due to the complexity of the tissue microstructural 
conformations. It has been reported that factors such as size, shape, orientation and 
area can affect the outcome of the image analysis when qualitative assessment is used 
[Hamilton 1995], all of which are prevalently seen with large variability in soft 
tissues. Extra care must be paid when producing digital images from light 
microscopy, as it has been shown that even small variations in focus and illumination 
of the images has led to inaccurate measurements [Castleman 1996; Sims 2002]. 
The majority of the studies relevant to the identification of changes in tissue 
histology during different healthy and diseased conditions, however, have focused on 
characterizing the quantity and density of certain tissue components but not so much 
on their orientation. The collagen fibrillar content in liver tissue, regardless of its 
orientation, has been quantified for studying chronic liver diseases [Sun 2008]. 
Besides the content and density of tissue structural components, a key factor in 
determining tissue biomechanics is the orientation of fibrillar networks. Few studies 
exist whose goal was to characterize the fibrillar orientation in tissue microstructure. 
Rubbens et al. quantified collagen orientation in engineered cardiovascular tissue 
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images using an innovative eigen-value based analysis [Tonar 2003; Daniels 2006; 
Rubbens 2009]. 
As previously discussed, the primary obstacle in quantifying fibrillar 
microstructure in the tissue arises from the complex patterns of individual fibers and 
regional variations throughout the microstructure. Here, the Fourier and Hough 
transformations were applied to the histological images to extract features which can 
collectively determine the average state of the microstructural configuration. Fourier 
transformation is a relatively well accepted method in the field of image analysis to 
identify properties of the images such as directionality and compactness [Bracewell 
1965; Tonar 2003]. In this study, we enriched the interpretations from the Fourier 
method with those obtained based on the outcome of the Hough method. 
 
III.2. Materials and Methods 
This section describes the main experimental setups and laboratory procedures 
involved in the course of microstructural examination. 
 
III.2.1. Specimen Preparation 
Aortas of 291±23 mm length were obtained from Angus male cattle (average age of 
20-24 months) at a local abattoir. Each aorta was cut proximally near the heart and 
distally above the abdominal bifurcation, and was immersed in cold phosphate 
buffered saline (PBS) while transferred to the laboratory. The tissue was carefully 
cleaned of large remnants of fat and attached connective tissues, Fig. 9. Only one 
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third of the tissue at the proximal end was used in order to minimize potential region-
dependent discrepancies in tissue properties. Areas of the aorta containing vascular 
branch points and abnormalities were discarded. 
 
 
Figure 9- Picture of the aorta after being cleaned from attached lipids and connective tissues. 
 
Given the focus of this study on the deformation and biomechanics of the 
elastin network and knowing that the structural networks run around the 
circumferential direction, rectangular specimens were cut from the aorta in the 
circumferential direction. The aorta was idealistically considered to be a cylinder with 
the cylindrical polar coordinate system, r z  , set as shown in Fig. 10, which 
leads to the circumferential specimens cut from the aorta oriented as shown in the 
figure. Conceptually, the main steps in cutting the specimens out of the aorta are also 
represented in the figure, however, practically, we used a customized cutting fixture 
to make the specimens out of a wide cut aortic ring, Fig. 11. The template was set to 
give specimens with 30mm 10mm length by width dimensions, and the thicknesses 
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naturally varying in the 3-8mm range, Fig. 12. Extra care was paid to excise 
specimens in the circumferential direction in order to be able to identify the 
circumferential direction throughout the later stages under the microscope and the 
histological examinations. The excised specimens were preserved in PBS solution 
with protease-inhibitor additives (per 1 Liter of PBS: 1mM of EDTA-Disodium salt, 
1mM of EDTA-Tetrasodium salt, 5mM of Benzamadine, 10mM of NEM, 1mM of 




Figure 10- Representation of coordinate systems on the aorta and cut specimens as well as the 









Figure 11- Pictures of the customized cutting device used to extract 30mm 10mm rectangular 
specimens from aortic tissue. The apparatus is designated to create side notch and pairs of markers on 




Figure 12- Pictures of cut circumferential specimen: right-top view, left-side view. On the side view, 
the blue dot shows the mark of tissue dye used to measure thickness on the image. 
 
III.2.2. Degrading the Extracellular Matrix 
A group of extracted specimens was treated in order to fragment the main structural 
component of the tissue, collagen, and other proteins in the extracellular matrix, 
leaving the elastin intact. These specimens were prepared to examine the effects of 
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extracellular matrix integrity on the tissue mechanical behavior. Specimens from 
native tissue were autoclaved for 1 hour under chamber pressure of 
15 ( 103 )p psi KPa   [Pezzin 1976; Weinberg 1995; Lillie 1996]. The autoclave 
process was performed using a Consolidated® sterilization system available in the 
Chemical and Nuclear Engineering building, Fig. 13. 
 
 
Figure 13- Consolidated® autoclave system available in chemical and nuclear engineering building. 
 
The autoclaving pressure of 15psi  was associated with the corresponding 
superheated temperature of 115T C . Superheating the tissue proteins causes them 
to denature. However, because the denaturation temperature for collagen is about 
40 63dT C C   [Fung 1993; Samouillan 2000], compared to 200dT C  for elastin 
[Pezzin 1976], heating the tissue up to around 115T C  only causes collagen 
denaturation but not elastin. Since denaturation is an irreversible process [Wright 
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2002], by cooling down the tissue, the collagen proteins do not bond back. It has also 
been found that the mechanical properties of elastin do not markedly change during 
the heating and cooling processes [Fung 1993; Lillie 1994]. Superheating the tissue 
also kills the smooth muscle cells [Humphrey 2002]. Figure 14 shows top and side 
images of a matrix-degraded specimen. 
 
  
Figure 14- Pictures of matrix-degraded specimen: right-top view, left-side view. 
 
III.2.3. Isolation of Elastin 
A group of matrix-degraded specimens were further treated to fully isolate elastin. 
Elastin is believed to play a major role in giving the arterial tissue its viscoelastic 
properties [Fung 1993; Humphrey 2002]. Therefore, along with the native tissue, 
some of the experiments were performed on tissue with mostly isolated-elastin 
content. 
The matrix-degraded specimens were further processed by extraction in 
0.1M NaOH for 1 hour under temperature of 98T C  to remove proteoglycans from 
the autoclaved specimens [Pezzin 1976] and to further eliminate pieces of denatured 
collagen [Samouillan 2000; Brzezinski 2007]. At this point, the treated tissue is 
essentially composed of elastin embedded in intrafibrillar water of the extracellular 





Figure 15- Pictures of elastin-isolated specimen: right-top view, left-side view. 
 
III.2.4. Stretch and Recovery Device 
A customized apparatus was designed and manufactured in order to retain tissue 
specimens under a controlled deformation state over time. The apparatus consists of 
one stand and two movable jigs which can be screw-secured on the stand. The stand 
contains a set of holes at measured locations which allow adjustment of the jigs on 
the stand with a specific distance between them, Fig. 16. To load the specimen on the 
apparatus, the jigs were first secured on the stand at 1.0 inch apart from each other. 
The specimen was placed in between the two wings of each jig and the wings were 
screwed close until they applied enough force to tightly grab the ends of the 
specimen, but not too tight to squeeze the specimen and damage the tissue integrity. 
After the specimen was secured between jigs, one jig was unscrewed from the stand 
and screwed to the new position of interest, i.e. 2.0 inch, if 2   is needed. For 
specimens to be examined under stretch, the apparatus and the specimen -under 
stretch- were left in a 500ml beaker containing tissue fixative for 24 hours. For 
specimens to be examined after deformation recovery, the apparatus and the specimen 
–under stretch- were first placed in PBS for 45 minutes in order for stress relaxation 
to take place in the tissue. One end of the specimen was then released from the jig so 
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it could retract to the new unloaded state. Specimens were finally left in fixative 






Figure 16- Customized apparatus used to retain aortic samples under a certain deformation over a long 
period of time. The apparatus is capable of applying stretch ranging between 1.2 and 7.0; aortic tissue 
specimens were stretched to 1.4 and 2.0 in this study. 
 
III.2.5. Dimension Measurement 
To examine the macroscale changes in the tissue, the dimensions of the specimens 
were obtained at each of the loading steps of release, extension and recovery. Given 
the extraction of the samples along the circumferential direction of the aorta, 
comparing the change in specimen width and thickness during sample elongation can 
be a partial indicator for different mechanisms of, respectively, in-layer versus cross-
layer fibrillar deformations in the tissue. The width and thickness of tissue specimens 
were measured on the calibrated images taken from top and side views of the 







Figure 17- Quantifying dimensional changes during tissue deformation measurements through 
standardized images taken from the specimens before and after deformation. Images (a) and (b) were 
used to measure width before and after loading, respectively, and images (c) and (d) were used to make 
thickness measurements before and after loading, respectively. 
 
III.2.6. Analysis of Statistical Significance 
When dealing with experimental data measurements on features that can potentially 
be compared amongst different groups, there is always the question of whether the 
measurements and the conclusions drawn are statistically-significant. This question 
becomes more important when dealing with measurements on samples with large 
variation such as those taken from soft biological tissues. One of the common 
methods to investigate the variation in sample measurements and evaluate their 
statistical significance is the ANOVA (Analysis of Variance) method, initially 
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introduced in the 1970s (Eisenhart 1947; Lewontin 1974). The two most common 
problems are usually stated as: 1. How many sample measurements are needed to 
reach a certain level of statistical significance? and 2. How does a given set of 
measurements statistically-significant? 
To address the first problem, the ANOVA has been particularly formulated to 
determine how many samples are needed before certain level of statistical 
significance is reached (Sokal and Rohlf 2000; Pearson and Hartley 1958; Thomson 
1951). In parts of this study, it is initially sought to get an estimate of the number of 
required measurements for reaching reasonable statistical significance, and for this 











                                      (19) 
( 1)a n                                                    (20) 
 
where n number of replications,   true standard deviation,   the smallest true 
difference to be detected,  degrees of freedom of the sample standard deviation, 
  significance level, a number of groups. P desired probability that a difference 
will be found to be significant (intended power of the test), st  values from a two 
tailed t-table with   as one tail and both   and 2(1 )P  as the other tail (Rohlf and 
Sokal, 2002). To use this method, a few initial measurements are needed so as to 
provide an approximate picture of the statistical features. The rest of the procedure is 
a trial and error process where a random number of required samples, n , is initially 
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chosen to start with, and by substituting back the newly-calculated number n  from 
the formula for the initial random value, it converges toward the actual value. 
To address the second type of problems where sets of measurements already 
exist, and it is sough to know the statistical significance when comparisons are made 
between different sets, the statistical software SPSS (IBM, Armonk, NY) was used to 
do the analysis. The single-way ANOVA test was used and the groups with 0.05p   
were considered to be statistically-significant and were marked with brackets on the 
bar graph of the data plots, whenever needed. 
 
III.2.7. Histological Examinations 
Histological examinations are those to study the microstructure of the tissue for which 
the first step is to chemically fix the tissue microstructure. A modified fixative 
solution consisting of 10% Clorox® and 15% Formaldehyde in deionized water was 
used in this study for this purpose. It has been reported that Clorox® and 
Formaldehyade show better fixation properties for certain tissue components, 
primarily elastin and collagen, respectively [Hopwood 1967; Lillie 1996]. After 
fixing the microstructure, specimens must be subjected to proper procedures before 
histology slides can be prepared. First, a Leica® TP 1020 tissue processing machine 
was used to prepare the tissue for paraffin embedding, Fig. 18. Tissue processing 
consists of dehydration of the tissue by ethanol, removing the ethanol by Xylene and 
infiltrating the paraffin into the microstructure of the tissue. Then a Leica® EG1160 
machine was used to produce a clear-cut block of paraffin enclosing the paraffin-













Blocks of paraffin encompassing the tissue specimens were sectioned with a 
Microm® HM355S apparatus, Fig. 20, to extract sections of 6 10m m   thickness. 
The fibrillar microstructure of aortic tissue is organized into lamellas laid tilted 
around the circumferential orientation, shown as   in the cylindrical coordinate 
system. In this coordinate system, histology sections in r   plane are found to be 
the most descriptive of fibrillar orientation. Slides of tissue microstructure were 
stained using a protocol which was a customized modification of Masson‘s trichrome 
with Verhoeff‘s hematoxylin [Sheehan 1980; Gravey 1991]. In this protocol, the 
elastin is stained with dark blue, the collagen is stained with light blue, and 
proteoglycans are stained with red, Fig. 21. Stained sections of tissue histology were 
studied under the Olympus® IX81 microscope, Fig. 22, capable of taking images 
under 40 ,100 ,400    magnification. 
 




                 
Figure 21- Histological examinations stained with modified Masson‘s trichrome protocol with 
Verhoeff‘s hematoxylin (elastin in dark blue, collagen in light blue and proteoglycans in red). 
 
 
Figure 22- Olympus® IX81 microscope available in the Orthopaedic Mechanobiology Lab. 
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III.2.8. Microstructural Quantification 
Fourier and Hough transformations were separately applied in order to analyze the 
images captured from histological sections in the r   plane. The Fourier and Hough 
methods analyze the images in frequency and spatial domains, respectively. Given the 
preferred direction of fibrillar structure around the aortic circumference, we 
consistently aligned the circumferential direction along the horizontal axis of all the 
extracted images. This allows gathering comparable image-processed results from 
multiple histology images which can then be averaged in order to obtain statistically-
meaningful descriptors of the microstructural configurations. 
Images of 2750 750pixel  size were extracted from histology sections. 
Maintaining the same size for different images is required in order to ensure that the 
resulting Fourier- and Hough-transformed images are of the same size and can be 
averaged. Original color images were transformed into black and white images in 
order to highlight the elastin microstructure as dark fibrils within bright background. 
Computational software Matlab® (The MathWorks Inc, Natick, MA) was used to 
perform 2-dimensional (2D) Fourier transformation as well as Hough transformation 
on the images. 
The result of applying 2D Fourier transformation to the image was an image of 
same size in which, the pixel intensity correlates to the variation in frequency along 
the relevant directions within the original image [Ballard 1982]. Figure 23 illustrates 
a sample histology image along with the corresponding Fourier image. On the Fourier 
image exemplified here, a higher intensity in the vertical direction indicates a higher 
frequency of variation in the original image, which could interchangeably be 
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interpreted as if the fibrillar structure is oriented more along the horizontal direction. 
The Fourier images were quantified by measuring the aspect ratio of the diameters 
(
1 2/d d ). The software ImageJ (NIH, Bethesda, MD) was used to estimate the length 
of each of the diameters. The higher the value of the aspect ratio, the more oriented 
the average fibrillar structure. The aspect ratio can nominally take values between 1 
and infinity, which represents structures with no preferred direction and perfectly-
oriented direction, respectively. 
 
Figure 23- (a) Sample histology image, (b) Fourier transformation image. The diameter aspect ratio 
(
1 2/d d ) is measured on the Fourier image to quantify the directionality of histology microstructure.  
 
The result of applying the Hough transformation to the histology image was an 
image in which, the pixel intensity shows whether a line segment can be detected at 
the corresponding spots in the histology image which is mapped with a polar 
coordinate system via a Hough transformation [Duda 1972; Shapiro 2001]. Figure 
24(a) shows the Hough image of the histology sample in Fig. 23(a). To be 
computationally effective in estimating the average microstructural orientation, we 
sought to identify the most evident and observable line segments. 
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Figure 24- (a) Hough transformation of the histology image in Fig. 23(a), (b) Identification of line 





The MATLAB® software was used to detect the highest intensity points on 
the Hough image, and Fig. 24(b) illustrates the detected line segments on the 
histology image. In order to obtain a quantified measure of the structural orientation 




III.3.1. Changes in Specimen Dimensions 
Table 3 shows the average of the measurements on width and thickness of specimens 
from both native and elastin—isolated tissue when extended to stretches of 1.4 and 
2.0 as well as after being recovered from each of the stretch levels. Width and 
thickness data are represented in Figs. 25 and 26, sorted for loading state and tissue 
type, respectively. Bars for data sets that are statistically different are connected with 
brackets.  
 
Table 3- Measurements on width and thickness of tissue specimens at different states of loading. 
 Unstretched Stretched 
1.4   
Stretched 
2.0    
Recovered 
1.4   
Recovered 
2.0   
Native Width 15.31 14.21 12.70 14.75 12.82 
 Thickness 6.30 4.62 4.06 5.80 4.91 
Elastin- Width 14.83 12.97 -- 13.60 -- 










Figure 25- Change in (a)width, (b)thickness of native and elastin-isolated tissue specimens sorted for 











Figure 26- Change in (a)width, (b)thickness  of specimens under different loading states sorted for 
naive and elastin-isolated tissues. Bars for data sets that are statistically different are connected with 
brackets. 
 
One interesting observation is the inward bending of the specimens when 
released for deformation recovery, Fig. 27, likely due to higher recovery of 
deformation toward the inner layers of wall thickness, which have larger elastin 





Figure 27- Side images of a tissue specimen (a) before loading, (b)after deformation recovery. Inward 
bending of the specimens after deformation recovery is likely due to the higher deformation recovery 
toward the inner layer caused by higher elastin density. 
 
III.3.2. Macro-Scale Deformation Master Plots 
Table 4 shows the width and thickness measurements on both native and elastin-
isolated tissues at extension and recovery, normalized to measurements on the 





Table 4- Relative change in width and thickness of tissue specimens during loading and unloading 
normalized for measurements on unstretched specimens.  
 Stretched 
1.4   
Stretched 
2.0    
Recovered 
1.4   
Recovered 
2.0   
Native Width 0.91 0.85 0.95 0.86 
 Thickness 0.72 0.66 0.90 0.80 
Elastin- Width 0.87 -- 0.92 -- 




Figure 28- Master plot of relative change in width and thickness of tissue specimens during loading 




III.3.3. Histological Observations at Different Sectioning Planes 
One initial question to be answered before further histological examinations to be 
conducted is: What is the best plane for sectioning the tissue specimens to best 
capture the microstructural conformations? To answer this question, let‘s recall the 
polar coordinate system assumed on the aorta which transformed into the rectangular 
specimen as shown in Fig. 29. It should be noted however that the specimens 
extracted from the tissue do not usually stay in rectangular shape but bend around the 
z axis, Fig. 30, which is due to the fact that the specimens tend to recover the ring 
shape they used to posses originally before they cut from the aorta. Pilot histological 
examinations were initially performed on a few specimens sectioned in all three 
different planes, Fig. 31. Looking at images from different sectioning planes, it was 
observed that the r—  plane gave the most accurate representation of the fibrillar 
structure in the tissue (see discussion section for more detailed description). The rest 
of the histological observations are therefore decided to be made in the r—  plane. 
Another interesting observation here was the change in the orientation of the 
fibrillar structure across the wall layer. Figure 32 shows histology images of 
specimens under no stretch, under stretch and after deformation recovery, sectioned 
in both the r—  and r—z planes. It is observed that the dominant orientation of the 
fibrillar network toward the very inner layer (intima) is along the z direction and by 
moving toward the media layer it abruptly changes to be along the   direction. This 
observation is particularly evident when simultaneously comparing histology at two 





Figure 29- Polar coordinate system oriented on the circumferential rectangular specimen. 
 
 
Figure 30- r—  view of an unstretched specimen which shows the bending around the z axis. The 
specimens bend because they tend to go back to the ring shape they originally possessed before being 







Figure 31- Panoramic views of histology images along three different sectioning planes. The r—  








   
   
Figure 32- Histology images of aortic tissue (a) r—  section of unstretched specimen, (b) r—  
section of specimen under stretch, (c) r—  section of specimen after deformation recovery, (d) r—z 
section of unstretched specimen, (e) r—z section of specimen under stretch, (f) r—z section of 
specimen after deformation recovery.  
 
III.3.4. Histological Observations on Microstructural Deformations 
Particular consideration was paid to the change in microstructural configurations 
during tissue deformation by looking at histology images from unstretched 
specimens, specimens under stretch and specimens after deformation recovery. Given 
the expected difference between inner layers and outer layers of the wall thickness 
due to the higher density of elastin toward the inner layers, histological images are 
considered separately for each region. Figures 33 and 34 show the histology sections 
from respectively inner and outer regions of specimen from native tissue. In each 
figure, (a) shows the microstructure of the unstretched specimen, (b) shows the 
microstructure of the specimen stretched to 1.4, (c) shows the microstructure of the 
specimen after recovery from 1.4 stretch, (d) shows the microstructure of the 
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specimen stretched to 2.0 and (e) shows the microstructure of the specimen after 
recovery from 2.0 stretch. 
 
Figure 33- Histology of specimens from wall ―inner‖ thickness of ―native‖ tissue. (a) unloaded; (b) 




Figure 34- Histology of specimens from wall ―outer‖ thickness of ―native‖ tissue. (a) unloaded; (b) 






The specimens from elastin-isolated tissue were only examined under low 
stretch because loosing the collagen drastically decreases their strength and they were 
not able to tolerate higher stretch. Figures 35 and 36 show the histology sections from 
respectively inner and outer regions of specimen from elastin-isolated tissue. In each 
figure, (a) shows the microstructure of the unstretched specimen, (b) shows the 
microstructure of the specimen stretched to 1.4 and (c) shows the microstructure of 
the specimen after recovery from 1.4 stretch. 
 
 
Figure 35- Histology of specimens from wall ―inner‖ thickness of ―elastin-isolated‖ tissue. (a) 
unloaded; (b) under 1.4 stretch; (c) under 2.0 stretch; (d) after recovery from 1.4 stretch; (e) after 
recovery from 2.0 stretch. 
 
 
Figure 36- Histology of specimens from wall ―inner‖ thickness of ―elastin-isolated‖ tissue. (a) 
unloaded; (b) under 1.4 stretch; (c) under 2.0 stretch; (d) after recovery from 1.4 stretch; (e) after 




III.3.5. Frequency-Domain Characterization 
The Fourier transformation was applied to histology images in order to extract a 
numerical measure of the fibrillar directionality. The method was applied to images 
from native and elastin-isolated specimens tested unstretched, under stretch and after 
recovery. The average measurements on the diameter aspect ratio made on the 
Fourier images are shown in Table 5. Larger values of aspect ratio indicate higher 
fibrillar directionality along the circumferential orientation. Figure 37 shows the bar 
graph of the data along with the standard deviation for each group, sorted in terms of 
the loading state. The same data are shown in Fig. 38 which are sorted in terms of 
tissue type/layer. Bars for data sets that are statistically different are connected with 
brackets. 
 
Table 5- Average measurements of aspect ratio of the diameters along the main axes in 2-dimendional 
fast Fourier transform of the histology images obtained from different tissue specimens. Higher values 
of aspect ratio indicate more directionality levels of the fibrillar network in the circumferential 
direction (horizontal). 
 Unstretched Stretched 
1.4   
Stretched 
2.0    
Recovered 
1.4   
Recovered 
2.0   
Native Inner 4.41 7.27 9.33 6.01 6.70 
 Outer 2.70 5.61 8.56 4.46 5.63 
Elastin- Inner 6.51 7.24 -- 6.71 -- 









Figure 37- Aspect ratio of the main diameters on Fourier transform images from native and elastin-
isolated tissue specimens sorted according to loading state. Bars for data sets that are statistically 
different are connected with brackets. Higher values of aspect ratio indicate more directionality levels 











Figure 38- Aspect ratio of the main diameters on Fourier transform images from specimens under 
different loading states sorted for native and elastin-isolated tissues. Bars for data sets that are 
statistically different are connected with brackets. Higher values of aspect ratio indicate more 









III.3.6. Spatial-Domain Characterization 
Figures 39 and 40 illustrate histology sections from 1/3 inner and outer wall thickness 
regions, obtained from unstretched specimens from native and elastin-isolated tissues, 
respectively, along with the histogram of fibrillar orientation calculated through 
Hough transformation of histology images.  Similar results are shown in Figs. 41 





















Figure 39- Histology sections of ‗native‘ aortic 
tissue obtained from ‗unstretched‘ samples, along 
with histogram of the fibrillar orientation angles: 
(a) inner wall, (b) outer wall. 
Figure 40- Histology sections of ‗elastin-
isolated‘ aortic tissue from ‗unstretched‘ 
samples, along with histogram of the fibrillar 
orientation angles: (a) inner wall, (b) outer wall.  
  
Figure 41- Histology sections of ‗native‘ aortic 
tissue obtained from samples ‗stretched to 
1.4  ‘, along with histogram of the fibrillar 
orientation angles: (a) inner wall, (b) outer wall. 
Figure 42- Histology sections of ‗native‘ aortic 
tissue obtained from samples ‗recovered from 
1.4  ‘, along with histogram of the fibrillar 





Figure 43- Histology sections of ‗elastin-
isolated‘ aortic tissue from samples ‗stretched 
to 1.4  ‘, along with histogram of the fibrillar 
orientation angles: (a) inner wall, (b) outer wall. 
Figure 44- Histology sections of ‗elastin-isolated‘ 
aortic tissue from samples ‗recovered from 
1.4  ‘, along with histogram of the fibrillar 
orientation angles: (a) inner wall, (b) outer wall. 
  
Figure 45- Histology sections of ‗native‘ aortic 
tissue obtained from samples ‗stretched to 
2.0  ‘, along with histogram of the fibrillar 
orientation angles: (a) inner wall, (b) outer wall.  
Figure 46- Histology sections of ‗native‘ aortic 
tissue obtained from samples ‗recovered from 
2.0  ‘, along with histogram of the fibrillar 




For better comparison of tissue microstructure in different cases, the angle 
distribution in each histogram is averaged to obtain a single value. The average of the 
averaged-angle measurements are shown in the Table 6 for different types of 
specimens. Figure 47 shows the bar graph of the data along with the standard 
deviation for each group, sorted in terms of the loading state. Same data are shown in 
Fig 48 which are sorted in terms of tissue type/layer. Bars for data sets that are 
statistically different are connected with brackets. 
 
Table 6- Average of fibrillar orientation angles for different tissue samples. Angles were detected 
using Hough transformation of the histology images. Angles were measured with respect to the 
horizontal axis; the closer to 0 the angle is, the higher level of directionality the microstructure shows.  
 Unstretched Stretched 
1.4   
Stretched 
2.0    
Recovered 
1.4   
Recovered 


















































Figure 47- Average of fibrillar orientation angles -measured w.r.t. horizontal axis and using Hough 
method- from native and elastin-isolated tissue specimens sorted according to loading state. Bars for 










Figure 48- Average of fibrillar orientation angles -measured w.r.t. horizontal axis and using Hough 
method- from specimens under different loading states sorted according to native and elastin-isolated 
tissues. Bars for data sets that are statistically different are connected with brackets. 
 
III.3.7. Microstructural Deformation Master Plots 
In order to better compare the change in microstructural configurations between 
different tissue types and under different loading conditions, the measurements from 
tissue specimens under stretch and after deformation recovery are assessed relative to 
measurements on unstretched specimens. Tables 7 and 8 illustrate the relative data 
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based on the Fourier and Hough analyses, respectively. The Fourier data are 
normalized by dividing the aspect ratio of the specimens at each of the loading states 
by the aspect ratio of the unstretched specimens. The Hough data are normalized by 
subtracting the fibrillar angles of the unstretched specimens from the fibrillar angles 
of the specimens under stretch and after deformation recovery. The results are shown 
in so-called master plots for easy visualization under different conditions, Figs. 49 



















Table 7- Relative measurements of aspect ratio of the diameters along the main axes in 2-dimendional 
fast Fourier transform of the histology images obtained from different tissue specimens under stretch 
and after deformation recovery. Values are normalized with respect to measurements on unstretched 
specimens. 
 Stretched 
1.4   
Stretched 
2.0    
Recovered 
1.4   
Recovered 
2.0   
Native Inner 1.65 2.12 1.36 1.52 
 Outer 2.08 3.17 1.65 2.09 
Elastin- Inner 1.11 -- 1.03 -- 




Figure 49- Master plot for the relative measurements of Fourier aspect ratio obtained from different 
tissue specimens under stretch and after deformation recovery. Values are normalized with respect to 




Table 8- Relative fibrillar orientation angles of different tissue specimens obtained by Hough 
transformation. Values are subtracted from the measurements on unstretched specimens. 
 Stretched 
1.4   
Stretched 
2.0    
Recovered 
1.4   
Recovered 































Figure 50- Master plots for the relative fibrillar orientation angles of different tissue specimens 







The main goal of this chapter was to investigate the microstructural changes in the 
tissue when it undergoes deformation. The tissue-scale and histological alterations 
were measured on the circumferential specimens from the native and elastin-isolated 
tissue specimens. In studying the tissue microstructural configurations, it should be 
noted that the potential effects from residual stress in the tissue are not considered. It 
is known that when unloaded, the aorta maintains the residual stress inside the wall 
thickness and it is released when the aorta is cut axially. In the protocol adapted here 
to prepare the circumferential specimens, the residual stress inside the ring piece is 
relieved when the ring is cut axially, and that causes the cut ring to open up into an 
arch. The argument here is that the microstructural conformations in the tissue might 
change first during the release of residual stress. Therefore, what we consider as an 
unstretched specimen might not really represent the microstructure of unstretched 
aortic tissue, but that of a residual stress-free tissue. Having in mind the distinction 
between stress-free and load-free aorta caused by the residual stress, the analysis in 
this chapter is valid for the stress-free aorta, and the stretched and deformation 
recovered states are evaluated relative to the unstretched state. 
Based on the macro-scale examinations, the rather intuitive observation was 
that the circumferential specimens shrink along both thickness and width when they 
undergo stretch. It is found that there is a higher inverse correlation between the 
elongation of circumferential specimens and the shrinkage along the thickness than 
along the width, Table 4. After deformation recovery, the specimens show levels of 
permanent deformation in both thickness and width as neither recovers the initial 
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values for the unstretched specimen, Table 4. Particularly, the thickness shows higher 
permanent deformation than the width does, which can be attributed to the fact that 
the fibrillar network is oriented off angle from the circumferential direction and so the 
deformation of the fibers has a component in the width direction. Whereas in the 
thickness direction, the shrinkage effects are more from squeezing out of extracellular 
water during the stretching of the specimen. Comparing the native and extraccelular 
matrix specimens, Table 4 indicates that the elastin-isolated specimens show higher 
shrinkage in width and thickness as well as higher recovery, which can be due to 
higher relative contribution of elastic properties. 
In the microstructural domain, first a remark should be made about the 
loading and unloading protocols adapted here to test the histology of specimens. 
Although it is sought to chemically fix the microstructure of the tissue specimens at 
different states during stretch and after deformation recovery, there would still be 
stress relaxation taking place inside the fixative agent. This is because the fixative 
agent takes few hours to fully take effect and meanwhile the specimens continue to 
stress-relax. As a result, what is captured here as the histology of tissue specimens 
under specific stretch or after deformation recovery might not be accurately 
quantified. However, given that the major part of our analysis is on a comparative 
basis between different loading states, the current protocol provides measures to 
describe the deformation mechanisms. The test protocols can be improved by 
developing better fixative agents so as to obtain a more efficient and quick method to 
fix the tissue microstructure and minimize the post-fixation relaxation. 
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The first step of our approach to study the microstructural changes was to find 
the best plane for sectioning the tissue specimens. Given the almost circumferential 
orientation of fibrillar network around the aorta, the r—z plane is intuitively not a 
proper sectioning plane since it is technically crossing the fibers and not lying along 
them. This is observed in Fig. 31(b) where the elastin network in the media layer 
appears as a set of elongated dots, supposedly the cross sections of the fibers. Now 
between the z—  and r—  planes which should supposedly describe the fibrillar 
network, Figs. 31(a) and 31(c) show that the r—  plane is a better representative. 
One main reason that prevents the fibrillar structure from being shown in the z—  
section is that the circumferential specimens always tend to bend back into an arch 
segment, Fig. 30. Therefore, as much as it is tried to keep them straight during tissue 
fixation and paraffin embedding so as to obtain straight sections within the z—  
plane, the outcome nonetheless are sections partly within and partly crossing the z—
  plane. This is confirmed by Fig. 31(c) which shows network of detached bundles. 
As discussed, the r—  sections best represent the fibrillar structure in the 
media layer, but at the same time, the r—  sections show cross-sectional 
microstructure in the intima layer, Fig. 32(a). Looking at the similar r—z sections, the 
pattern is almost reversed as they show cross-sectioning in the media which transits 
into fibrillar orientation toward the intima, Fig. 32(d). Observations in both planes 
suggest that the dominant orientation of the fibers is changing from circumferential 
within the media layer into axial in the intima layer. The dominant circumferential 
orientation of the fibrillar network in the aortic wall media has long been known and 
attributed to strengthening the tissue in the circumferential orientation where the 
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maximum stress is experienced due to blood pressure-induced dilation of the aorta. 
However, longitudinal orientation of the fibrillar structure in the intimal layer has 
hardly been noticed before. To the best of the author‘s knowledge, it is the first time 
that such revealing histology images are obtained to highlight the change in 
orientation of the fibrillar network when moving from the media to the intima layer. 
Similar to a physiologically-sound rationale for maximizing the strength of the aortic 
tissue at the wall media layer when circumferential stress is the largest wall stress, the 
longitudinal orientation of the fibrillar network in the intima regions can be attributed 
to increasing tissue strength against maximum stress from shear force caused by 
blood flow. The histology results further show how the microstructure changes when 
tissue-scale deformations take place, Figs. 32(a) through 32(f). Given that it is 
extremely thin and that it does not have any measurable effects in the biomechanics 
of the tissue in the circumferential direction, the endothelial layer is not considered in 
microstructural studying. The r—  histology of the released specimen, Fig. 32(a), 
shows a relatively organized set of crimping elastin fibrils, and they turn into a more 
oriented elastin network with drastically less crimping when the specimen is 
extended, Fig. 32(b). For the specimens recovered from extension, Fig. 32(c), the 
microstructure takes a highly disorganized pattern with an increasing degree of 
crimping, higher than that in the initial released specimen. However, although it is 
already figured out that the histological quantification should rely on r—  histology 
sections, observations in r—z sections still provide some qualitative understanding of 
microstructural deformations. For instance, the specimen in extension shows a 
uniform pattern of small cross sections, Fig. 32(e), compared to larger clots of 
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(inclined) cross sections in released samples, Fig. 18(d), which indicates that fibrils 
get thinner under stretch. 
In examining the microstructural changes in the tissue, given that the density 
of elastin is much higher toward the inner media compared to the outer 
media/adventitia, histological examinations were separately conducted on 1/3 inner 
wall thickness and 1/3 outer wall thickness. The observations on inner media are 
expected to be more representative of elastin biomechanics. 
The histological examinations of the tissue specimens under no stretch, 
stretches of 1.4 and 2.0 and after deformation recovery from stretches 1.4 and 2.0 
shed light on morphological mechanisms of deformation at the microstructural scale. 
The networks in the wall inner layer show straighter fibrillar structure under stretch, 
which partly returns to the crimping structure after deformation recovery, Fig. 33. 
The fibrillar network in the wall outer layer shows a more undulated network, Fig. 34, 
which is hypothetically due to the sparser extracellular matrix, which allows free 
configuration of the network. Similar patterns are seen for elastin-isolated tissue, 
Figs. 35 and 36, with higher levels of crimping in the elastin network, which again 
could be due to the sparser extracellular matrix after digesting the non-elastin 
components. 
Two image-based methods were used to quantify the histological 
observations, the Fourier method in frequency domain and the Hough method in 
spatial domain. Technically, the two methods complement and verify each other. 
Except in very few cases, the findings from both Fourier and Hough methods were 
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consistent in quantifying the level of microstructural directionality during tissue 
stretch and recovery, Tables 7 and 8. 
The Fourier method indicates that for the inner part of the native tissue, the 
microstructure gets straightened by 65% and 112% when loaded up to 1.4 and 2.0 
stretch, respectively, 29% and 60% of which is restored after deformation recovery, 
respectively, Table 7. Similarly for the outer region of the native tissue, while the 
microstructure is less organized, Table 5, but on comparative basis, the fibers get 
more straightened when loaded to 1.4 and 2.0 stretch, 108% and 217% respectively, 
43% and 108% of which are restored after deformation recovery, respectively. The 
lower deformation recovery in the outer regions is likely due to the lower density of 
elastin (the most elastic component of the tissue) within the outer regions. 
Furthermore, it is seen that higher permanent deformation (lower deformation 
recovery) is seen at a stretch of 2.0 which could be caused by damages of elastin 
network which makes the network lose integrity and does not recover the 
deformation. The occurrence of this phenomenon is more plausible given the very 
low ultimate stretch of elastin of about 1.1. Looking at the Fourier measurement for 
the elastin-isolated tissue, Table 7, one notices that the inner part of the elastin-
isolated tissue is straightened by 11% when stretched to 1.4, 8% of which is restored 
after deformation recovery. This is presumably due to fact that the elastin-isolated 
tissue is drastically weaker and stretching the specimen to 1.4 stretch can apply very 
high loads on the elastin network causing more damage and fracture to the network. 
Looking at the outer region, the directionality increases by only 5% almost none of 
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which is restored after deformation recovery. The observation is similar for the lower 
stretch, but a higher damage level is expected at stretch 2.0. 
Similar qualitative results are obtained based on the Hough method, although 
they are slightly different in quantitative measures. Comparing the histology of 
unstretched native and elastin-isolated tissue samples -Figs 39 and 40, respectively- it 
is found that elastin-isolated tissues, on average, show less directionality in the 
microstructural networks. The reason could be the larger number of degrees of 
freedom for elastin networks in moving and reconfiguring within the vacant 
extracellular matrix after the rest of the components are digested out of the matrix of 
the treated tissues. Studying the microstructural alterations in native samples under 
increasing stretch is possible with the aid of Figs. 39(a), 41(a) and 45(a). The figures 
show that both in the inner and the outer media, stretching the tissue sample has a 
direct effect on the microstructure by straightening the fibers. Table 6 shows that the 
average angles of the fibrillar elastin in the inner media for unstretched, 1.4 stretched 
and 2.0 stretched samples are 30.75°, 9.55° and 3.71°, respectively. A similar pattern 
is seen for the elastin fibrillar orientation in the outer media, part (b) of the same 
figures. Considering the effects of sample stretching on the microstructural alterations 
in the elastin-isolated tissue, Figs. 39 and 43, it is observed that the elastin network 
tends to orient along the direction of applied stretch. However, due to fragile nature of 
elastin-isolated tissue specimens (primarily due to inexistence of collagen fibrils), we 
were unable to observe the tissue microstructure when stretched to 2.0 as the 
specimen‘s microstructure was already damaged. Less intuitive observations can be 
made on the microstructure of recovered tissue specimens after being released from 
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stretch. Figs. 42 and 44 show the microstructure of native and elastin-isolated tissue 
specimens, respectively, recovered from 1.4 stretch; where Fig. 45 illustrates that of a 
native tissue recovered from 2.0 stretch. For specimens recovered from 1.4 stretch, it 
is found that a large portion of the microstructural deformation is recovered, but yet 
the microstructure does not fully recover to the initial conformation in the unstretched 
tissue specimen. This observation suggests that while the aortic tissue biomechanics 
is primarily (visco)elastic, it nonetheless possesses a certain level of plasticity. 
Furthermore, when recovered from 2.0 stretch, an even lower level of microstructural 
restoration occurs; perhaps due to microstructure damage and dislocation. Table 8 
summarizes the change in microstructure angular orientation under stretch and 
deformation recovery. For the inner part of the native tissue, there is a 21.20   and 
27.04   change in angle for stretch at 1.4 and 2.0, respectively, of which 90.37% and 
30.29% is restored after deformation recovery, which shows much higher 
deformation recovery for lower tissue stretch. For the outer region, a 5.39   and 
10.73   change is observed in the microstructure angle when subjected to 1.4 and 2.0 
stretch respectively, of which 70.50% and 41.57% is restored after deformation 
recovery, respectively. The elastin-isolated tissue shows a 9.38   and 4.75   change in 
microstructure angle under 1.4 stretch, of which 70.26% and 28.00% is restored after 
deformation recovery, respectively. 
There are a few sources of inaccuracy in the quantitative results obtained from 
the histology images. Firstly, the histology images used for the analysis were 
prepared such that the horizontal axis on the image coincides with the circumferential 
direction of the tissue. However, image setting was performed manually and could be 
 87 
 
prone to subjective errors. Given the sensitivity of the Fourier and Hough techniques 
with respect to image orientation, the interpretations of the quantification results 
could be slightly off depending on the accuracy of the initial image alignment. 
Secondly, although the primary fibrillar structure in the histology images belongs to 
elastin, the existence of other components in the images impedes the exact 
identification of the elastin fibrillar network. Therefore, the results might be 
contaminated with data detected on non-elastin regions of the image. In particular, 
some of the unexpected observations in the Hough results —such as a high density of 
fibrillar angle at 90   for stretched samples— could be due to detection of localized 
line edges on random particles and sub-microstructure in the images which should not 
technically be counted as fibrillar orientation of the elastin network. This issue can be 
addressed by developing homegrown computer codes, instead of using commercial 
ones, to specifically detect items of interest and reject others as noise. Thirdly, in 
order for the methods to yield sensible interpretations on the microstructural 
configurations, each selected image window should contain uniform and similar 
patterns of microstructural conformations; otherwise, the heterogeneity in the 
microstructural features will be lost through an averaged single outcome. Therefore, 
selecting a proper window size for image analysis purposes and a careful utilization 
of the techniques are crucial for obtaining meaningful and accurate readings. We 
believe that some of the discrepancies in interpreting the results obtained through the 
Fourier and Hough methods, comparing Tables 7 and 8, are due to adverse effects of 
the locality of the methods. 
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A quantification of the Fourier results can also suffer from subjectivity. As 
outlined in the methodology section above, we identify the high-intensity region in 
the Fourier images and use ImageJ to measure the length of the main axes; whereby 
the entire procedure is subject to human inaccuracy. An item of future work could be 
enhancing the current computer code to automatically extract quantified features from 
Fourier transformation images. 
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IV. VISCOELASTIC MECHANICAL TESTING 
Elucidating how the biomechanics is affected by hydration in soft biological tissues is 
critical for understanding the potential effects of diseases where the tissue 
extracellular matrix (ECM) is altered. The ability to control the ECM water content is 
necessary for studying hydration-dependent tissue mechanics and for minimizing 
confounding effects caused by differences in tissue water content among specimens. 
In this section, we describe an approach to adjust and maintain the water content 
using a two-stage hydration technique, in order to overcome unique challenges faced 
in the mechanical testing of biological tissues. As in the rest of this study, bovine 
aortic tissue was used to illustrate the approach. A liquid phase approach using 
polyethylene glycol (PEG) solutions allowed for efficient initial adjustment of tissue 
hydration. This was followed by a vapor phase approach using a humidity chamber 
for maintaining a stable water content for 45 minutes. Incubation in PEG solution 
brought the bovine aortic tissue samples to equilibrium water content in 
approximately 6 hours, much more efficiently than using a humidity chamber alone. 
Characteristic relationships between tissue water content and PEG concentration as 
well as relative humidity were obtained. It was found that PEG concentrations 
ranging from 0-40% had an inverse relationship with tissue water content ranging 





Quantifying hydration effects is an important, but sometimes overlooked, aspect of 
studying mechanical properties and material behavior in synthetic and biological 
materials [Koplik 1985; Rubio 1989; Cieplak 1990; He 1992; Dougherty 1998; Bru 
2006]. Various theoretical and experimental methods have been utilized to 
characterize the material-water interaction and swelling properties of different 
materials. Simulation tools have been applied to some applications of studying 
hydration behavior in biological tissues. Molecular dynamics simulations have been 
used to predict the hydration of a tissue‘s protein constituents and verify experimental 
results [Mogilner 2002; Scharnagl 2005; Ravikumar 2008; Orecchini 2009]. 
The ability of existing theoretical methods to describe solid-fluid interaction 
[Koplik 1985; Kardar 1986; Kessler 1991] diminishes when the complexity of a 
material‘s structure increases. The majority of biological soft tissues possess 
structural networks with variable pore size and crosslinking, and are composed of 
different extracellular matrix (ECM) protein constituents [Humphrey 2002]. Soft 
tissue properties rely largely on how these structural constituents interact with each 
other and with the interstitial fluid. Mechanical behaviors of soft biological tissues 
have been universally linked to ECM hydration both in vivo and in vitro [Grigera 
1979; Setton 1994; Buckwalter 1995; Adams 1996; Kerin 1998; Lillie 1998; Talman 
2001; Taylor 2004; Guo 2007; Gainaru 2009]. For instance, the viscoelastic behavior 
of aortic tissue during normal operation of the cardiovascular system is highly 
dependent on proper hydration of vascular elastin [Gosline 1979; Silver 1989; Guo 
2007]. Ramifications of improper tissue hydration include the disruption of tissue 
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homeostasis and can be a root cause of various diseases, and present a concern for 
biologists, clinicians, and bioengineers who work on therapeutic measures or 
synthetic substitutes [Maroudas 1985; Wexler 1985; Han 2001; Rochette 2005; 
Harley 2007]. Dehydration of elastin causes a transition in material behavior from 
ductile to brittle in synthetic polymers [Kausch 1976; Hertzberg 1980] and it is found 
that only 10% loss of water, for example, causes significant stiffening of elastin 
[Taylor 2004]. Blockage of fluid motion by binding of elastin to cholesterol esters or 
by alteration in glycosaminoglycans, both of which may occur during atherosclerosis, 
causes stiffening of arterial tissue [Lillie 1990; Lovekamp 2006]. Loss of water also 
reduces elastin‘s fatigue resistance to cyclic loading, particularly at high frequency 
caused by post-stenotic resonance [Rodbard 1967; Trillo 1975]. It has been further 
shown that alterations in tissue hydration produce comparable changes in elastin‘s 
viscoelastic behavior as does an alteration in temperature [Lillie 1990]. 
Reported experimental soft tissue mechanics studies are generally concerned 
about maintaining hydration to avoid drying out samples, but typically employ 
methods that either do not allow control over specific hydration levels or induce 
suprahydration. For cartilage tissues, samples are often fully submersed in saline 
solutions to study swelling and mechanical behavior under external loading 
[Grodzinsky 1981; Lehner 1989; Kerin 1998; Torzilli 1999]. To maintain corneal 
samples fully hydrated for studying biomechanical contributions of the epithelium, 
tissues have been incubated in Optisol, a corneal preservation medium used for 
transplantation purposes [Elsheikh 2008]. Taylor et al. examined avian keratinous 
tissue samples submerged in 22 C  deionized water in order to mimic a full hydration 
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environment [Taylor 2004]. Samples from lumbar spine are sometimes hydrated by 
incubating them in a saline water bath for several hours before testing [Pflaster 1997; 
Costi 2002] or infusing saline solutions into spinal discs to enhance consistency in the 
measured mechanical behavior [Huber 2007]. Hydration of heart valve cusp tissue 
was shown to depend on the incubation solution including porcine blood, Hanks 
solution (physiologic saline), phosphate buffered saline and dextran solutions over the 
course of an hour [Talman 2001]. 
Considering that biological tissues exist in vivo under conditions that are less 
than fully swelled, a procedure to maintain steady tissue hydration during in vitro 
mechanical testing would be useful for studying more physiologically-relevant 
behaviors. Likewise, experimental determination of the role of hydration-dependent 
changes in tissue mechanics requires the capability to adjust a tissue over a range of 
partial hydration levels. Both published reports [Ferrans 1978; Hopwood 1985] and 
our own experiences indicate that different laboratory procedures can have a marked 
influence in tissue hydration. Thus, in order for valid comparisons to be made across 
different in vitro tests, standardized tissue preparation and sample hydration levels 
need to be implemented. Intrafibrillar water is believed to be primarily involved with 
stiffening of protein molecules [Lillie 1990; Lillie 1996], while interfibrillar water is 
thought to play a greater role in solid-fluid interactions. Water content is typically 
used as a quantitative measure of intrafibrillar and interfibrillar water to represent 
total tissue hydration [Wasano 1983; Lillie 1996]. 
Given the potential for biomaterials to degrade, together with often lengthy 
procedures in experimental set-up, controlling the water content of a sample becomes 
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a time-sensitive process. Efficient and reproducible methods are needed to ensure 
integrity of the sample and the test. Several studies have reported methods whose 
goals were to generate specific hydration levels in tissue samples, primarily by 
relying on generating osmotic pressure. Sequential incubation of vocal fold tissue 
sample in Krebs-Ringer isotonic solution, dehydrating in sucrose hypertonic solution 
and rehydrating in distilled water hypotonic solution, was performed to induce certain 
hydration in tissue samples [Chan 2002]. Talman et al. monitored the change in 
hydration of heart valve cusp tissue when incubated in different concentrations of 
dextran solutions over up to 1000 minutes [Talman 2001]. Using various 
concentrations of NaCl solution has also been shown to be effective in adjusting 
hydration of cartilage and aortic tissues [Grodzinsky 1981; Narmoneva 1999; Flahiff 
2004; Guo 2007]. Basser et al. used polyethylene glycol (PEG) solution to study 
cartilage biomechanics under various hydration levels [Basser 1998]. PEG solution 
has also been used to control the hydration of the pectin network using the osmotic 
pressure produced across the molecular network media [MacDougall 2001; 
Zsivanovits 2004]. Others further elaborated on formulating the osmotic pressure 
balance between PEG and tissue constituents [Maroudas 1973; Basser 1998]. One 
limitation is that these procedures require immersion in solution, which may not be 
ideally suited for certain testing procedures. 
In this study, we describe a liquid-vapor method (LVM) that sequentially uses 
a liquid phase method (LPM) and vapor phase method (VPM) to adjust and maintain 
specific levels of tissue hydration in a practical, efficient, and reproducible manner. 
The approach is amenable to scale-up for processing multiple specimens, to being 
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incorporated into a mechanical testing set-up for measuring tissue sample mechanical 
properties, and to the use of optical techniques for characterizing deformations 
without distortions caused by surrounding fluid. Using this method, we report the 
relationships between water content and solute concentration as well as air relative 
humidity for specimens from bovine arterial tissue. These relationships can be used 
directly in other preparations using similar tissues, or modified for application to 
other materials. 
 
IV.2. Materials and Methods 
This section provides the main steps taken to conduct the experimentation and 
analysis relevant to investigating viscoelastic behavior of tissue specimens with a 
degraded matrix.   
 
IV.2.1. Sample Preparation 
Please refer to subsections III.2.1 through III.2.3 for a detailed description of 
procedures for preparing specimens from native, matrix-degraded and elastin-isolated 
tissues. 
 
IV.2.2. Modulating Water Content 
A sequential two stage approach was used to adjust and maintain the water 
content of vascular tissue specimens. The first stage utilizes solutions containing 
different concentrations of PEG for efficient adjustment of tissue hydration, bringing 
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the water content to a desired target level. The second stage consists of maintaining 
the water content of the tissue specimen constant using a humidified chamber. The 
following subsections describe each stage in detail. 
 
IV.2.3. Liquid Phase Method 
The LPM is based on the concept of osmotic pressure causing fluid flow across a 
porous barrier until equilibrium is reached [Lillie 1996]. This approach has been 
widely used to identify swelling pressure of intervertebral disc [Urban 1981; Urban 
1988; Johnstone 1992] and cartilage tissues [Maroudas1981; Basser 1998], and to 
prevent swelling of explant cultures in vitro [Bayliss 1986]. Based on this principle, 
when a porous barrier is placed between the tissue and a solution of higher solute 
concentration, water travels out of the tissue across the media into the solution, Fig. 
51(a). The amount of water leaving the tissue depends on the solute concentration. 
For our study, tissue specimens were removed from PBS and placed inside a 
piece of dialysis tubing with molecular weight cutoff of 12kD (Sigma Aldrich, St. 
Louis, MO). The tubing was closed off at both ends with small clips and immersed in 
an excess volume of 20kD PEG solution (Fisher Scientific, Pittsburgh, PA), Fig. 
51(a). As such, we monitored the time-dependent changes in mass of the specimens 











Figure 51— (a)Schematic illustration of LPM hydration set up. The tissue specimen is enclosed inside 
dialysis tubing and placed inside the PEG solution. Proper tubing pore size, smaller than the molecular 
size of the PEG solution, should be selected. (b)Schematic illustration of VPM method to hydrate 
tissue specimen. The specimen is placed inside the humidity chamber with a specific relative humidity 









Figure 52— Humidity chamber with sparging mechanism used as the humidifier system. Circulating a 
flow of air through water causes the air to absorb humidity. By adjusting the humid and dry air flows 
into a chamber, the chamber humidity can be controlled. 
 
IV.2.4. Vapor Phase Method 
The VPM is based on moisture exchange between the tissue surface and a humidified 
atmosphere [Lillie 1996]. During this process, water evaporates into the surrounding 
air and water vapor condenses on the tissue surface, Fig. 51(b). The rates of 
vaporization and condensation are dependent on the relative humidity, the percent 
partial pressure of water vapor with respect to the saturation vapor pressure of water 
in the air. A higher percentage of ambient humidity causes greater condensation on 
the tissue surface, and the change in water content on the tissue surface causes 
redistribution of interstitial water within the sample. Thus, for a certain percentage of 
ambient humidity, the water exchange between tissue and surrounding air would 
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eventually reach equilibrium, where the tissue sample maintains certain water 
content. 
Generating a humidified environment can be achieved using different methods 
[Lillie 1990; Lillie 1996]. A sparging system was deemed most appropriate for our 
application in which dry air was passed through water. The small air bubbles 
generated in the water cause air molecules to absorb humidity. Upon reaching the 
surface of the water, the humidified air [Lillie 1996] is passed through an aerosol 
filter at the sparger outlet to prevent water droplets from entering the humidity 
chamber, Fig. 52. In addition to the humid air inlet, the chamber was also equipped 
with a dry air inlet, flow of both of which can be adjusted using designated valves to 
allow greater control over the relative humidity inside the chamber, which was 
measured using a solid state humidity sensor (Essick Air, Little Rock, AR) with 
 0.5% precision. Increasing the temperature of the water inside the sparger improved 
the water absorbability of the air and increased its humidity. To reach humidity 
percentages above 90%, we placed the sparging system over a heater and were able to 
achieve humidity values as high as 99%. 
 
IV.2.5. LVM Sorption Relations 
Incubation of tissues in hypertonic solutions and humidified air results in the 
absorption of water into the pores of the bulk tissue as well as adsorption of water 
molecules into extracellular matrix proteins through electrochemical forces. In order 
to utilize the two-step LVM effectively, the sorption behavior of the sample must first 
be described during each step. This allows us to associate a solute concentration with 
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a relative humidity for the LPM and VPM stages, respectively. Because computing 
volumes of the solid ECM requires assumptions and approximations, we chose to 
express sample hydration as gravimetric water content, % gWC , rather than volumetric 






                                                 (22) 
where 
wm  and dm  are the mass of water in the sample and dehydrated mass of the 
sample, respectively. The total water mass, mw, was computed by calculating the 
difference between sample‘s hydrated mass, 
hm , and dried mass, md [Jeffrey 1995; 







                                            (23) 
The measured gravimetric water content, % gWC , was first used to quantify 
changes in tissue hydration using the LPM as a function of solute concentration, 
%SC . Similarly, the hydration behavior in the VPM was characterized by relating 
% gWC  and chamber relative humidity %RH . Taking the % gWC  as the common 
parameter, the corresponding %SC  and %RH  were related to each other. 
 
IV.2.6. Entire Hydration Protocol  
After sample preparation, the initial mass of hydrated specimens was measured. 
Tissue specimens were removed from PBS, with special care taken not to squeeze 
them. Excess water was then carefully wicked off of only the tissue surface, and 
samples were placed on a PB403-S laboratory balance with  0.5mg precision 
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(Mettler Toledo, Columbus, OH). Specimens were then placed inside individual 
pieces of dialysis tubing and both ends of the tubing were closed off using clips. 
Samples were then incubated in a PEG solution of known concentration (0, 5, 10, 20, 
or 40% w/v). Some specimens were incubated in PEG solutions and their mass 
periodically measured over the course of 30 hours to determine the time necessary to 
reach equilibrium. Upon determining a 6-hour equilibration period, subsequent 
specimens were incubated in PEG solutions overnight, and then used for VPM 
analyses. For these specimens, an iterative procedure was used to determine the 
appropriate chamber humidity to maintain a stable gravimetric water content for each 
concentration of PEG solution. Samples were removed from PEG solutions, weighed, 
and then left in the humidity chamber for 45 minutes at a known humidity level. 
Samples were then re-weighed to determine mass changes. Humidity adjustments 
were made and the iterative process continued until the observed changes in mass 
were within 10% of the fully swelled mass for four sequential specimens. Each 
sample was then oven-dried for 7 hours and weighed again to obtain the dry mass. 
 
IV.2.7. Stress Relaxation Testing 
The mechanical testing of the specimens was performed using the MTS® 858 Mini 
Bionix mechanical testing system, Fig. 53(a). Stress relaxation was conducted using 
the displacement-control mode by applying constant stretch and collecting the force 
data measured by the machine. Dividing the force by the initial area of the specimens, 
measured before loading the specimen, results in the stress. 
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Standard rectangular specimens were cut with an OML-customized cutting 
fixture, Fig. 11, in the circumferential direction. Superglue was used at the two ends 
of the specimen to attach both sides to the pieces of sandpaper in order to increase the 
friction. The sandpaper-reinforced parts of the specimen were then secured in the 
OML-customized fixture, Fig. 53(b). 
 
  
Figure 53- (a)MTS® 858 Mini Bionix mechanical testing system available in OML, (b) OML-
customized fixtures to grip rectangular arterial specimens. 
 
Given the necessity of maintaining tissue hydration during the test, the entire 
humidifying setup was incorporated around the MTS machine, Fig. 54. Figure 55 








Figure 54- Entire experimental setup for conducting stress-relaxation test on aortic specimens under 
controlled relative humidity. 
                              
Figure 55- Close up of the specimen grips. Two ends of the specimen are glued to small pieces of 





This section provides the experimental results relevant to hydration mechanisms and 
mechanical testing of the specimens. 
 
IV.3.1. Time-dependent changes in water content 
In order to characterize how quickly tissue hydration changes using the LPM and 
VPM, we measured time course changes in water content  in  40% (w/v)  PEG  
solution  and 60% relative humidity, values selected based on pilot data. The data 
emphasize the superior efficiency by which hydration can be adjusted using the LPM. 
For LPM specimens, the equilibrium water content was reached in 6 hours after fully 
swelled specimens were introduced into the PEG solution, Fig. 56(a). For VPM 
specimens, however, the mass continued to change over 55 hours, at which point the 















Figure 56— Rate of change of sample mass during (a)Liquid phase hydration method with 40% PEG 
solution, (b)Vapor phase hydration method with 60% chamber humidity, (c)Oven drying. Figures (a) 
and (c) show that LPM and drying equilibrium states were reached in approximately 6 and 7 hours, 
respectively. Figure (b) shows that no equilibrium was achieved for the VPM method even after 5 
days. 
 
IV.3.2. LVM Sorption Characteristics 
As expected, higher solute concentrations resulted in lower levels of water content. 
Figure 57 illustrates the dual sorption characteristics for the entire LVM method 
obtained for native tissue. Figure 57(a) shows results from the LPM method, relating 
water content and solute concentration. Having determined the required solute 
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concentration from the LPM stage, Fig. 57(b) can then be used to specify the 
corresponding relative humidity in the VPM method. In order to approximate the 
solute concentration and relative humidity for any water content other than the exact 
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   
                                         (13) 
 
Figure 57— Sorption characteristics data for the entire LVM method along with interpolating curves 
determined for native tissue. (a)LPM stage: Water content-solute concentration data, (b)VPM stage: 




Figure 57 shows the above relations within the working range of water 
content. The coefficients of determination ( 2R ) of 0.98 and 0.97, respectively for 
solute concentration and relative humidity, indicate an acceptable fit of the curves to 
the experimental data points. The water content of fully submersed samples was 
around 370% (Fig. 57 for 0% PEG). Thus, for a dehydrated sample to retain a water 
content of % 200WC  , Eqs 12 and 13 indicate that it should be tested in a solution 
with a concentration of approximately % 11.25SC   and in an environment with a 

















Similar sorption characteristic relations for matrix-degraded tissue were 
calculated and are shown in Fig. 58. The coefficients of determination for solute 
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   
                                         (25) 
 
Figure 58— Sorption characteristics data for the entire LVM method along with interpolating curves 
determined for matrix-degraded tissue. (a)LPM stage: Water content-solute concentration data, 








Finally, for elastin-isolated tissue, sorption characteristic relations were 
calculated using Eqs. 16 and 17, and are shown in Fig. 59. The coefficients of 
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Figure 59— Sorption characteristics data for the entire LVM method along with interpolating curves 
determined for elastin-isolated tissue. (a)LPM stage: Water content-solute concentration data, (b)VPM 






IV.3.3. Effect of Stretch on Stress-Relaxation 
The stress relaxation behavior for native aortic tissue is shown in Fig. 60 for two 




Figure 60— Stress-relaxation behavior of aortic tissue under two stretch levels of 1.4 and 2.0. All 









To better perceive the relaxation trend of the tissue, Fig. 61 shows the same 




Figure 61— Stress-relaxation behavior of aortic tissue under two stretch levels of 1.4 and 2.0. All 
specimens were from native aortic tissue and fully hydrated in 0% PEG solution. Relaxation data are 






IV.3.4. Effects of Matrix Alteration on Stress-Relaxation 
To understand the effects of alteration in the tissue extracellular matrix, stress 
relaxation of native, matrix-degraded and elastin-isolated tissue samples are obtained 
under comparable test conditions (fully hydrated and tested under 1.4 stretch), Fig. 




Figure 62— Stress-relaxation behavior of native, matrix-degraded and elastin-isolated specimens. All 










Figure 63— Stress-relaxation behavior of native, matrix-degraded and elastin-isolated specimens. All 
specimens were fully hydrated in 0% PEG solution and were tested under 1.4 stretch. Relaxation data 









IV.3.5. Effects of Hydration on Stress-Relaxation 
The effects of hydration on the tissue are investigated by testing the stress-relaxation 
of specimens from native tissue under three different decreasing hydration levels with 
378.97, 137.57 and 82.43 water contents, Fig. 64. The water contents are induced 
using PEG solutions of 0%, 20% and 40% concentrations, respectively.  
 
 
Figure 64— Stress-relaxation behavior of specimens from aortic tissue specimens hydrated under 0%, 
20% and 40% PEG solution, respectively. All specimens were extracted from native tissue and were 






For better comparison of relaxation trends between different hydration levels, 




Figure 65— Stress-relaxation behavior of specimens from aortic tissue hydrated under 0%, 20% and 
40% PEG solution, respectively. All specimens were extracted from native tissue and were tested 







IV.3.6. Stress Relaxation Master Plots 
In order to provide a general reference for looking up relaxation data for all different 





Figure 66— Stress-relaxation master plot for aortic specimens under different conditions of tissue type, 







In order to compare the relaxation features for all different test conditions, the 
previous master plot is normalized to initial and final stress values and the data is 





Figure 67— Stress-relaxation master plot for aortic specimens under different conditions of tissue type, 
stretch level, and PEG concentration. Relaxation data are normalized for initial and final stress values. 
 
 
As a quantitative measure of comparing the transient behavior for relaxation 
behavior under different test conditions, it is assumed that the decay trends obtained 
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here follow exponential behavior, which is an accurate-enough assumption given the 
close match of the trends to exponential decay. Having assumed exponential decays, a 
decay constant, 
s , and a settling time, st , are defined and measured. On each stress 
relaxation curve, the 
s is defined as the time where the response reaches 63% of its 
decay, in this case 0.37, and the 
st  is defined as the time where the response reaches 





Figure 68— Illustration of decay constant, 





Table 9 lists the 
s  and st  constant for the stress relaxation curves of all 
different test conditions. 
 
Table 9- Decay constant and settling time for stress relaxation behavior of aortic specimens in all 
different test conditions. 
Tissue type, stretch, %PEG 
s  (s) st  (s) 
Native, 1.4, 0% 40 520 
Matrix-degraded, 1.4, 0% 14 180 
Elastin-isolated, 1.4, 0% 8.5 50 
Native, 2.0, 0% 10 300 
Native, 2.0, 20% 14 550 















IV.3.7. Stress Rate 
The rate of change of stress is known as a good measure of viscosity in the material 
behavior. Given the decreasing stress during the stress-relaxation test, the negative 
rate of stress change is shown in Figs. 69 through 71 respectively sorted for effects of 




Figure 69— Rate of stress decrease during stress-relaxation behavior of native aortic tissue under two 








Figure 70— Rate of stress decrease during stress-relaxation of native, matrix-degraded and elastin-
isolated tissue specimens under 1.4 stretch. A higher rate of change in stress is observed for elastin-








Figure 71— Rate of stress decrease during stress-relaxation behavior of specimens from native aortic 
tissue specimens hydrated under 0%, 20% and 40% PEG solution, respectively. It is observed that 

















IV.3.8. Comparison to Spring-Dashpot Models 
Among the common component-based models of Maxwell, Kelvin-Voigt and 
standard-linear, the Kelvin-Voigt is inherently not suitable for modeling stress-
relaxation but creep, since it gives a constant stress for a constant strain. The Maxwell 
and Kelving-Voigt models were also tested in this study and were found incapable of 
describing the observed behaviors. Both a manual systematic fitting procedure and 
the MATLAB® fitting toolbox were used and both models failed to provide a good 
fit for almost all curves. 
Going a step further, putting two Maxwell models in parallel was found 
capable of modeling the observed stress-relaxation behaviors. The arrangement of 
springs and dashpots are shown in Fig. 72. For this arrangement, the time behavior of 
stress, ( )t , during stress-relaxation test under constant strain 0  can be calculated 
based on the following formula: 
 
1 1 2 2/ /
0 1 0 2( ) e e
k t c k t c
t k k                                          (28) 
 
where 1k  and 2k  are spring constants, and 1c  and 2c  are dashpot constants. 
The Matlab® curve fitting tool was used to extract the four parameters of the 
parallel Maxwell model for all of the stress-relaxation behaviors, which are listed in 
Table 10. The table also lists the root mean squared errors (RMSE) for each of the fits 







Figure 72— Arrangement of two Maxwell models in parallel. The parameters k and c represent spring 
and dashpot constants. 
 
Table 10- Spring and dashpot coefficients of the parallel Maxwell model shown in Figure 53 for 
describing the stress-relaxation behavior of different tissue specimens. 
Test condition 
1( / )k KN m
 
1( / )c MNs m
 
2 ( / )k KN m
 
2( / )c MNs m
 
RMSE 
Native, 1.4, 0% 12.75 0.43 125.00 1860.10 0.09 
Matrix-degraded, 1.4, 0% 13.10 0.44 75.45 1524.20 0.06 
Elastin-isolated, 1.4, 0% 13.13 0.26 23.93 310.00 0.04 
Native, 2.0, 0% 15.58 1.56 79.45 2600.00 0.63 
Native, 2.0, 20% 62.20 2.83 125.50 836.67 1.05 









Figures 73 through 75 show the variation of the spring and dashpot constants 
respectively with stretch, matrix type and PEG concentration. 
 
 
Figure 73— Relation between the tissue stretch and the spring and dashpot constants of the parallel 

















Figure 74— Change in spring and dashpot constants of the parallel Maxwell model for tissues with 























Figure 75— Relation between the PEG concentration and the spring and dashpot constants of the 




The initial efforts in this chapter concern the use of a combined solution- and 
humidity-based approach for modulating tissue hydration, one that is amenable to 
mechanical testing procedures. The approach takes advantage of the merits of the 
LPM and the VPM, and overcomes their individual limitations. Advantages of the 
LPM include the relative ease with which it can be implemented, since tissues can be 
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immersed directly in a bath containing the appropriate PEG concentration, and the 
relative speed to achieve equilibrium in sample water content. Different incubation 
times have been reported for samples hydrated using the LPM. For example, 45 
minutes for pig aorta [Lillie 1996], 1-2 hours for animal lumbar spine [Bayliss 1986], 
1 day for pectin networks [Zsivanovits 2004], 2 days for human lumbar spine [Urban 
1988] and human articular cartilage [Basser 1998] have been used. While equilibrium 
times may vary depending on tissue, in many cases the time course changes may not 
have been characterized. Thus, incubation times may have been overestimated to 
ensure equilibrium or simply assumed. Our own observations indicate that, for bovine 
aorta samples of our chosen size, an equilibrium time of 6 hours was appropriate, Fig. 
56(a). Our time course results also show that much of the change in water content 
takes place within first hour —a consistent observation with other reports [Pflaster 
1997; Urban 1981; Rand 1989]. Yet, the LPM presents a number of challenges for 
mechanical testing of tissues. Placing tissues in a solution of fixed PEG concentration 
necessarily imposes a boundary condition that will induce osmotic pressures under 
tissue deformation. In addition, the use of a bathing solution may introduce artifacts 
or inaccuracies when tracking surface markers or textures for strain measurements. 
This could be particularly problematic during dynamic loading regimes that may 
induce significant fluid movement. 
With the VPM, the advantages and challenges are essentially reversed. The 
primary advantage of the humidified environment is that it does not impose any 
additional forces that may influence tissue mechanics and is amenable to optical 
techniques for strain measurement. However, as we confirmed, this approach requires 
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excessively long incubation times. For biological tissues, such durations may be 
unacceptable considering the potential for degradative processes and contamination to 
confound mechanical measures. It has been reported that porcine aortic samples 
placed in a humidified environment required approximately 14 days to reach 
equilibrium water content [Lillie 1990; Lillie 1996]. To gauge how gravimetric water 
content changes in bovine aortic tissues using the VPM as the exclusive method, we 
found that sample hydration does not reach equilibrium even after 55 hours at 60% 
relative humidity, Fig. 55(b). There would arguably be a strong potential for matrix 
degradation by this point. 
Based on these factors, the shorter equilibrium times found using the LPM are 
highly appealing for testing tissues in vitro, yet the incorporation of the VPM to 
maintain water content during actual testing procedures is also critical. The necessity 
of having some form of humidified environment for samples outside the PEG solution 
was supported by our measurements on samples placed in room air after performing 
the LVM. Tissues removed from PEG concentrations of 0% and 10% after LVM 
equilibrium lost 21% and 14% of their hydrated mass, respectively, after just 30 
minutes in open laboratory conditions (35% RH and 25 C ). 
In conducting the VPM, we decided to use the sparging system primarily for 
two reasons. The first is that this system allows rapid change of the chamber humidity 
when needed. Using the humid/dry air inlet valves, the chamber humidity can be 
adjusted on the order of 5 %/min (though changes are slower when the humidity 
exceeds 90%). This is a critical feature when using the chamber as part of the 
mechanical testing set up, because the chamber might need to be opened and closed 
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during the experiment and the target humidity inside the chamber needs to be quickly 
restored every time an interruption occurs. The second advantage is that the sparging 
system provides a transparent humid environment inside the chamber that does not 
introduce artifacts into the optical measurements. This is critical for accurate 
measurements of tissue deformation. Other methods using a humidity chamber have 
been proposed but have some limitations. For instance, tissues can be suspended in a 
chamber containing a salt solution. Varying the salt concentration allows precise 
control over humidity but sample equilibration reportedly takes about 14 
uninterrupted days [Lillie 1990]. Additionally, samples need to be hydrated one at a 
time, unlike with our method which can be used to hydrate batches of samples. This 
imposes additional time constraints when dozens of samples need to be tested from 
each fresh tissue harvest. Another method is simply blowing a stream of water vapor 
on the tissue specimens, but this would impair sample visualization and optical 
measurements, as well as introduce mechanical disturbances. 
Although combining the LPM and the VPM techniques offers important 
advantages, some limitations were introduced and some existing limitations of the 
LPM and the VPM could not be overcome. One new limitation in this technique is the 
increased handling of specimens required during preparation. With our current 
equipment, tissues cannot be both equilibrated and tested in a single apparatus, but 
must be transferred from one to the other. The exposure to ambient air and manual 
manipulation of the specimen may temporarily perturb tissue hydration. A second 
limitation is the increase in groundwork needed to establish complementary osmotic 
pressure/humidity relationships with tissue hydration. While this effectively doubles 
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the workload to establish a foundation for a specific tissue type, it can be argued that 
the time saved and accuracy gained over using either the LPM or the VPM alone 
justifies this additional effort. 
Among the inherent limitations of modulating tissue hydration in vitro, one 
potentially important consideration is the water distribution within the tissue. How 
water is re-distributed in the tissue ECM and fibrillar network during the LPM and 
VPM are not known, but it is likely that time-dependent changes in water distribution 
occur throughout the tissue when traveling from the surface to the central regions of 
the sample. It is also likely that fluid transport occurs anisotropically in many tissues, 
including bovine aorta. Depending on the efficiency of fluid movement in the radial 
thickness, the length and width of the tissue specimen may or may not be important. 
Water distribution mechanisms could be partially responsible for long equilibrium 
durations using the VPM. If this is the case, local inhomogeneities in water 
distribution could affect mechanical property measurements, even though the bulk 
sample is controlled for water content. Therefore, using the VPM it may not be 
precise to say that the hydration state of the sample does not change, but because the 
time window of our application of the VPM (a fraction of an hour) is much shorter 
than the duration for hydration equilibrium in the VPM (on the order of tens of 
hours), changes are likely to be small and/or limited to the surface. The larger 
standard deviation of the VPM normalized water content measurements compared to 
those obtained with the LPM —0.052 versus 0.021— shows greater uncertainty with 
the VPM, an observation that has also been reported by Rand et al [Naka 2005]. 
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A final inherent limitation of artificially controlling water content is the 
specificity to the type and size of tissue specimens. Outcomes of this study establish a 
platform for studying the role of hydration on tissue biomechanics. However, 
extending the LVM from bovine aorta tissue samples reported here for 
implementation with other biological or synthetic materials requires similar 
evaluation of the sorption characteristics for the material of interest. Furthermore, 
sorption characteristics for a particular material may vary with geometry. The relative 
magnitude of water distribution inhomogeneities and a sample‘s surface/volume ratio 
may differentially impact these characteristics and necessitate development of 
separate sorption curves. Although such investigations directly reveal the behavior of 
tissues in vitro, the implications on tissue biomechanics can potentially be interpreted 
in a more physiologically relevant context. Several methods have been reported for 
estimating in vivo tissue hydration noninvasively, including MRI [Han 2001; Wexler 
1985], energy-disperse X-ray diffraction [Caracciolo 2005] and Tetrahertz 
spectroscopy [Png 2008]. Such methods can be used to quantify changes in tissue 
hydration during physiologic and pathophysiologic conditions in vivo, and their 
biomechanical and mechanobiologic impact assessed. 
Differences in tissue properties during degrading the extracellular matrix are 
first evident in the different sorption characteristic curves, Figs. 57 through 59. This 
indicates that the mechanisms through which the tissue hydration changes depend on 
the composition of the extracellular matrix. One factor which can be responsible for 
such alterations in tissue hydration can be effective porosity which changes during 
tissue treatment procedures. Knowing that tissue hydration is an important factor in 
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controlling mechanical behavior, changes in tissue hydration features for different 
native, matrix-degraded and elastin-isolated tissues can be used to predict changes in 
tissue biomechanics as well. 
Based on the results obtained from examining the mechanical behavior of 
tissue specimens, deeper insights into morphological and phenomenal changes in the 
tissue can be achieved. It is seen that increasing the stretch in the native tissue makes 
the tissue stiffer, Fig. 60, but faster relaxation is obtained based on either stress 
relaxation or rate of change of stress, Figs. 61 and 69, respectively. Quantitatively, 
compared to 1.4 stretch, 2.0 stretching of the specimens results in 25.00% lower 
decay constant and 57.69% lower settling time, Table 9. The reason for such increase 
in viscosity under increasing stretch could be the fact that stretching the tissue can 
cause the water content to be squeezed out from within the tissue interfibrillar spaces. 
Assuming the overall mechanical behavior of the tissue as a matrix-water composite, 
dehydrating the tissue decreases the role of (incompressible and non-viscoelastic) 
water in tissue biomechanics and lets the tissue microstructure play a more dominant 
role in the overall tissue biomechanics revealed through stress-relaxation testing. 
However, such trend is limited to certain stretch level beyond which it is expected 
that the tissue microstructure starts to damage and collapse and so the stress-
relaxation would contain discrete sudden jumps. 
Looking at the effects of alteration in the tissue matrix on the stress-relaxation 
behavior, Figure 62 shows that treating the elastin-isolated and matrix-degraded 
tissues results in structures that are weaker than the native tissue (lower initial stresses 
for same stretch). Weakening of the matrix-degraded and elastin-isolated tissues is 
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due to denaturing the collagen which is responsible for a large part of the tissue 
integrity and strength. Evaluating the relaxation trends in different tissue types, Fig. 
63, it is observed that native, matrix-degraded and elastin-isolated tissues respectively 
show faster relaxation trends; 35% and 21.25% decrease in decay constants for 
matrix-degraded and elastin-isolated tissues, respectively, as well as 34.62% and 
9.62% decrease in settling time, respectively, Table 9. It can be argued that the 
difference in mechanical behavior of native, matrix-degraded and elastin-isolated 
tissues mainly reflects the contributions of biomechanics of each of the individual 
constituents versus the contributions from the interactions between them primarily 
through the extracellular matrix. Especially because the stress-relaxation tests are 
performed in stretch 1.4, expectedly low enough for collagen to engage, the 
difference in relaxation behaviors mainly reflects that of the elastin and matrix 
interaction. In the matrix-degraded tissue, elimination of collagen as the main load-
tolerating component makes the role of elastin and water more dominant and since 
the tissue can recover the deformation faster, so does the change in stress. By further 
removal of the disintegrated collagen network, the elastin network in the elastin-
isolated tissue can reconfigure more freely and play an even more highlighted role in 
the tissue biomechanics. In addition, treating the tissue and altering the extracellular 
matrix changes the entire water-matrix composition in the tissue which on the other 
hand means changes in the amount of water available to the elastin. 
Studying the direct effects of hydration on the mechanical behavior of native 
tissue, Figure 64 shows that dehydrating the tissue makes the tissue stiffer (larger 
initial stress for same constant stretch). By normalizing the stress relaxation 
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behaviors, Figure 65 shows that dehydration causes slower stress-relaxation; 140% 
and 128% increase in decay constant and 183.33% and 231.66% increase in settling 
time, respectively when the tissue is dehydrated in 20% PEG and 40% PEG solutions 
compared to fully hydrated tissue in 0% PEG solution, Table 9. It has already been 
postulated that elastin protein shows rubbery-like behavior when sufficient hydrating 
water is available and its behavior shifts to crystallized-like behavior when not 
enough hydrating water is available [Lillie 1996]. The viscoelastic mechanical 
behaviors obtained here are good verifying observations, which show that hydrating 
the tissue increases its viscosity. The main reason for this phenomenon is that, given 
the hydrophilic nature of elastin molecules, for them to bond with each other and to 
relocate within the protein structure, they first should bond to water molecules [Lillie 
1996]. However, it is seen that the relation between the change in PEG concentration 
and the change in viscosity is not linear, meaning that the amount of drop in viscosity 
by comparing dehydrated tissue in 20% PEG to that of fully hydrated tissue in 0% 
PEG is not the same as that obtained by comparing dehydrated tissue in 40% PEG to 
dehydrated tissue in 20% PEG, Fig 65. One reason for this loose correlation could be 
the distinction between intrafibrillar versus interfibrillar water. It has been already 
found that what practically regulates the viscoelastic behavior of elastin is that part of 
water which hydrates the elastin molecules, called intrafibrillar water, and not the 
water that fills the vacancies in the extracellular matrix, called interfibrillar water 
[Lillie 1996]. Since in the current study, what is being measured is the amount of 
tissue water content, which is the summation of intrafibrillar and interfibrillar water, 
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unless one can find methods to measure them separately, it is not possible to derive a 
correlation between tissue viscosity measurements and intrafibrillar water. 
Finally, it was attempted to describe the experimental mechanical behaviors 
with traditional spring-dashpot models. As it is discussed earlier, the common 
Maxwell and Linear solid models were found incapable of describing the stress 
relaxation behaviors. However, a model composed of two parallel Maxwell model -
Fig. 72- was found able to describe different stress relaxation behaviors with 
reasonably acceptable accuracy, see RMSE numbers in Table 10. Looking at the 
values for spring and dashpot constants in the model, Table 10, it is being argued here 
that each of the springs and dashpots in the model can be associated with relevant 
microstructural components in the tissue. Given the higher spring and dashpot 
constants for the branch number 2, the lower branch can be associated with collagen 
and the upper branch, branch number 1, can be associated with the contributions from 
elastin and the anchoring effects from the extracellular matrix. However, it is being 
strongly emphasized that modeling the tissue with such spring-dashpot systems is 
only meant to describe the data in a mathematical manner but does not carry much 
physiological significance. After all, the parallel Maxwell model with the 
collagen/elastin/extracellular assumption can only make sense given how little is 
known about the actual extracellular matrix morphology and composition. The 
collagen and elastin are anchored to the extracellular matrix through GAGs and form 
the entire integrated tissue. So the model does capture the parallel attachment of 
collagen and elastin. As it is seen in the Table 10, denaturing the collagen from the 
native tissue decreases the 2K  and digesting out the collagen further does so which 
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both indicates that collagen is loosing its stiffness. Similar observations are made for 
the viscosity measures of elastin, 
2C , which shows diminishing effects from collagen 
throughout the tissue treatment. However, the elastin contributions, represented by 
1K  and 1C , remain almost constant during the tissue treatment. It is also seen that by 
dehydrating the tissue (increasing the PEG concentration), the spring constants 
increase, which means the tissue is getting stiffer. At the same time, the collagen‘s 
viscosity, 
2C , decreases by dehydration but elastin‘s, 1C , increases. It is very difficult 
to connect such conclusions with the experimental observations made on the tissue 
mechanical behavior, because the mechanical behaviors represent the properties of 








V. SUMMARY AND FUTURE RESEARCH 
This research was of benefit to the field of vascular tissue biomechanics by 
addressing some of the important existing problems in the field. Elucidating how 
cardiovascular biomechanics is regulated during health and disease is critical for 
developing diagnostic and therapeutic methods. There has been a general trend in 
recent years to develop models, which can describe the tissue behavior in a multiscale 
manner, meaning that morphological phenomena in the tissue can be captured at 
different length scales, from organ down to tissue, cell and molecule, and they can be 
put together in one single model to accurately describe the tissue biomechanics 
[Weinberg in press]. As of now, multiscale modeling of biological systems is in its 
infancy stages due to multiple reasons. Due to challenges in developing modeling 
techniques, there is a lack of meaningful and coherent data from an identical 
biological system under similar conditions gathered at multiple length scales. Having 
said this, the current study is a major step in reaching out to multiscale modeling of 
cardiovascular tissue. The study provides tissue-scale and microstructural level 
deformation measurements from the aorta under different deformation protocols, 
which can partly be used as a platform for setting up a multiscale deformation model. 
To the best of the author‘s knowledge, this is among very few studies that provide 
such sort of deformation measurements on the cardiovascular tissue. 
The study also quantified microstructural deformation in the tissue, which has 
not been reported before. The Fourier and Hough transformations were used on 
histology images of tissue under different deformation states to quantify the 
microstructural conformations. It is being argued here that each method brings 
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separate insight to the microstructural deformation characterization. The Fourier 
method gives an average measure of relative directionality in the tissue 
microstructure, stating how different the directionality of the tissue is in each of the 
horizontal and vertical directions. So if positioned properly and accurately in the 
horizontal circumferential direction, the Fourier aspect ratio can be looked at as a 
good and efficient representative measure of directionality in the tissue 
microstructurte. On the other hand, the Hough method measures the average angular 
orientations in the tissue microstructure and again, if positioned properly and 
accurately in the horizontal circumferential direction, Hough measurements can 
quantify the average angular orientation of the microstructure. One difference 
between the Fourier and Hough methods is that Fourier measurements show a more 
overall evaluation of the tissue microstructure whereas in the Hough method, every 
single line measurement is being counted and so more local effects are taken into 
account. Even at its infancy stages of development, the Hough technique can serve 
the purpose rather effectively. The techniques establish a platform for further 
continuation of the methodology into developing more advanced devices for 
monitoring microstructural alterations, with potential implications in diagnosis of 
tissue abnormalities in pathological conditions. 
Going back to tissue-scale examinations, stress-relaxation behaviors of the 
tissues were also studied under different conditions. Within the scope of this study, it 
is difficult to either draw conclusions on the microstructural mechanisms behind the 
tissue-scale mechanical behaviors or to interpret such behaviors in terms of 
morphological phenomena taking place during the tissue loading and deformation. 
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However, hypothetical discussions to describe such phenomena and the correlation 
between them were made, some of which require further study to probe the 
hypotheses. The responses were approximated by traditional spring-dashpot models 
and the results were interpreted in regards to the microstructural composition 
assumed in the model. As interesting as it sounds, using a spring-dashpot model is 
more significant from the mathematical point of view but not so much from the 
physiological point of view. Indeed, determining the model parameters for the 
experimental data is only a mathematical fit but there is no concrete evidence that 
each of the components necessarily represents physiological collagen or elastin. 
However, such models can be used to interpret some of the findings and set the 
guidelines for enhancing test protocols and enriching the models. 
One of the aspects that can potentially improve the accuracy of the findings on 
microstructural alterations in the tissue is testing the aortic ring segments instead of 
rectangular circumferential specimens. In addition to all the similarities to internal 
pressure loadings in physiological conditions, the fundamental difference between 
testing the ring segments and circumferential specimens is the perseverance and relief 
of tissue residual stress, respectively. It is well known that the aorta in its unloaded 
form contains compressive residual stress which is verified by the opening of the 
aorta (or aortic ring segments) when cut axially. Although, the exact measures of 
residual stress in the tissue and the impact that it might cause on the microstructural 
conformations has not been quantified, the least expected is that there should be a 
difference between the histology of ring segments and circumferential specimens 
during loading and unloading. The main challenge in examining the ring segments 
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under loading and unloading is the lack of proper testing machines. One of the current 
lab projects under consideration is designing and testing a customized apparatus for 
loading the aortic ring segments, Fig. 76. The apparatus is designed to apply a given 
pressure inside the ring segment and to take multiple pictures from top and side 
views, which allows the measurement of stretch, width and thickness. The design of 




Figure 76- OML-customized equipment to inflate a rubber tube which is used for circumferential 
expansion of the arterial ring segment. 
 
Another aspect that can be pursued is to examine the tissue macro- and 
microstructural changes under different loading protocols that can reveal other 
viscoelastic features. For instance, the mechanical behavior of the tissue under creep 
and cyclic loadings can be characterized. In particular, measuring phenomena such as 
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hysteresis and stiffening during cyclic loading in a wide range of frequencies can 
potentially be helpful in studying pathophysiological conditions such as poststenosis. 
Preliminary data on measuring the hysteresis loop in cyclic loading of native 
circumferential specimens under 1.4, 1.6 and 1.8 stretch are illustrated in Fig. 77, 
which suggests that definite trends exist.  
 
 
Figure 77- Hysteresis cycles during loading and unloading of native circumferential specimens under 
1.4, 1.6 and 1.8 stretch. 
 
In this study, the stress measurements on the test specimens were made at the 
tissue-scale dimensions. However, the tissue stress is not necessarily the same and 
even correlated to the stress in individual microstructural networks. Proper 
techniques, such as those similar to composite material characterization, can be used 
for arterial tissue to estimate the stress in individual microstructural components. In 
particular, estimating the stress in the elastin network, in the simpler case for elastin-
isolated tissue, will enable a more accurate characterization of the elastin 
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biomechanics. Within the same path, examining the biomechanics of individual 
microstructural components of the extracellular matrix could be a significant step 
towards reaching the multiscale description of the entire tissue; however, this could 
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VI.1.1. Experimental Measurement of Cardiovascular Tissue Viscoelastic 
Behavior under Controlled Tissue Hydration  
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Journal of Experimental Mechanics, to be submitted 
Abstract not provided presently. 
 
VI.1.2. Microstructural Deformations of Native and Elastin-Isolated Aortic 
Tissues under Loading  
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VI.1.3. Quantification of Microstructural Alterations in Undeformed, Stretched 
and Recovered Specimens from Native and Elastin-Isolated Aortic Tissues 
Shahmirzadi D, Bruck H, Hsieh HA 
Journal of Vascular research, to be submitted shortly 
(Abstract under review) Soft tissue biomechanics plays an important role in 
regulating tissue properties in health and disease. Understanding the mechanisms of 
biomechanical behavior in soft tissues is a crucial step in developing monitoring and 
therapeutic schemes or in synthesizing artificial replacements. Given the multiscale 
nature of tissue biomechanics, a full description can be obtained if the microstructural 
morphology is incorporated into the tissue deformation. Assessing alterations in 
microstructural morphology requires quantitative measurements which can be 
challenging given the complex, local and interactive conformations of tissue 
structural components embedded in the extracellular matrix. In this paper, we explore 
new image-based methods of quantification of tissue microstructure and examine the 
methods applied to aortic tissue under different deformation states. Though in their 
infancy stages of development, the methods yield reasonable results with acceptable 
interpretations. We believe that the outcome of this study paves the way for 
establishing enhanced methods of microstructural quantification with implications 




VI.1.4. In Vitro Mechanical Testing of Hydration-Controlled Arterial Tissue 
Shahmirzadi D, Hsieh AH 
Biomedical Engineering Society Annual Fall Scientific Meeting, October 6-9, 2010, 
Austin, TX, submitted 
Elucidating how cardiovascular soft tissue biomechanics is affected by hydration is 
critical for understanding the potential effects of diseases where tissue extracellular 
matrix is altered. Ability to perform mechanical testing of cardiovascular tissue under 
hydration-controlled environment is a critical step to obtain a better understanding of 
hydration effects on tissue biomechanics in vitro. In this study, we conducted stress-
relaxation testing on cardiovascular tissue specimens under different tissue hydration 
levels. We utilized a previously validated two-step protocol to modulate water 
content, first by incubating in solutions of varying osmolarity and then transferring 
the tissue into an MTS-mounted controlled humidity chamber to maintain water 
content throughout the tissue mechanical testing procedure. Circumferential tissue 
specimens were loaded in uniaxial tension to 100% strain, and the stress was 
measured over time. It was found that dehydrating the tissue makes it stiffer and 
causes higher drop of stress with higher rate of change during relaxation period. We 
argue that tissue dehydration undermines the effects from extracellular water on 
overall tissue biomechanics, and more closely reveals the relaxation of actual fibrillar 




VI.1.5. Tissue- and Microstructural-level Deformation of Aortic Tissue under 
Viscoelastic/Viscoplastic Loading 
Shahmirzadi D, Hsieh AH 
Society of Experimental Mechanics Symposium on Time Dependent Constitutive 
Behavior and Failure/Fracture, June 7-9, 2010, Indianapolis, IN 
Full description of soft tissue biomechanics requires multiscale characterization of 
phenomena spanning across organ to cellular scales. Proper tissue functioning in 
health and disease is regulated through physical interactions from one scale to 
another. Recent attempts in experimentation and modeling of tissue biomechanics 
aim to further understand either the phenomena at specific scale or the 
communication mechanisms between scales. In this study, we sought to determine 
how the microstructural organization of bovine aorta changes with fixed tissue 
deformation or after transient stretch and release. Circumferential aortic samples were 
subjected to small and large stretches, some kept stretched and some released to 
freely retract. Sample dimensions were measured before/after loading, then 
chemically-fixed and stained histologically to examine the microstructure. At tissue 
scale, it is found that sample‘s elongation is accompanied with width/thickness 
shrinkage in isochoric manner. Microstructural investigations reveal straightening of 
(undulated) fibrillar network when tissue stretches; with variations different at inner 
and outer layers of wall thickness. Once recovered, samples indicated larger 
permanent deformation toward outer layer, which possesses sparse elastic lamina. 
This study indicates a microstructural basis for observations of regional permanent 
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tissue stretch in artery tissues, and furnishes some early data for developing 
multiscale models of cardiovascular viscoelasticity/viscoplasticity. 
 
VI.1.6. An Efficient Technique for Adjusting and Maintaining Specific 
Hydration Levels in Soft Biological Tissues In Vitro 
Shahmirzadi D, Hsieh AH 
Medical Engineering and Physics, in press 
Elucidating how mechanics is affected by hydration in cardiovascular tissue is critical 
for understanding the potential effects of disease conditions. When studied in-vitro, 
hydration of tissue‘s extracellular matrix must be precisely controlled to provide 
repeatable test results. In this paper, we discuss a customized hydration technique 
developed to test viscoelastic mechanical properties of samples from different types 
of native and elastin-isolated aortic tissue. Autoclaving and NAOH treatment are 
routine procedures to isolate vascular elastin and study relevant mechanical 
properties. Tissue‘s extracellular matrix is altered throughout these procedures and 
our observations indicated that tissue‘s water content changes as a result. It is thus 
necessary to have the water content under control in order to provide comparable test 
conditions between different test samples. Time sensitivity of in-vitro examinations 
of biodegradable materials, together with constraints posed by experimental set up, 
makes the hydration problem challenging. Here, we utilized a biphasic hydration 
method composed of liquid phase dialysis tubing followed by vapor phase humidity 
chamber customized for testing viscoelastic mechanical properties of tissue samples 
under specific target humidity. The method is applied to samples from intact and 
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altered bovine tissues and characteristic sorption curves are developed. Numerical 
example is provided to better clarify the use of the technique. The proposed method is 
easily applicable to any other tissue types, provided that relevant sorption 
characteristic curves are developed. 
 
VI.1.7. Controlling Vascular Tissue Hydration during In-Vitro Procedures 
Shahmirzadi D, Hsieh AH 
Biomedical Engineering Society Annual Fall Scientific Meeting, October 7-10, 2009, 
Pittsburgh, PA 
Elucidating how mechanics is affected by hydration in cardiovascular tissue is critical 
for understanding the potential effects of disease conditions where tissue ECM is 
altered. For in vitro studies, extracellular matrix hydration must be precisely 
controlled during testing, particularly when different laboratory procedures are used 
to modulate tissue structure. For instance, sequential autoclaving and sodium 
hydroxide-treatment are procedures routinely used to isolate elastin network for 
studying elastin biomechanics. Understanding the change in tissue hydration allows 
us to achieve comparable test conditions between elastin-isolated and native samples; 
and eliminates confounding effects caused by differences in tissue hydration. In this 
study, we sought to quantify water content for native, autoclaved and 
autoclaved/NAOH-treated as well as another type of samples called 
cut/autoclaved/NAOH-treated samples which were prepared from autoclaved/NAOH-
treated tissue, but the outer-half of the wall thickness was already cut out to obtain 
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more elastin-dense samples. We utilized a dialysis method to change tissue hydration 
in a controlled manner, and performed testing in a humidity chamber to maintain 
hydration constant. Compared to native samples, water content was found to be lower 
for both autoclaved and sodium hydroxide-treated samples. For different types of 
sample, the inverse relationships between PEG solute concentration and water content 
were also quantified. Characteristic sorption curves were obtained to describe water 
content in terms of both PEG concentration and humidity. Collectively, sorption 
characteristic curves for different sample types might be used to adjust sample water 
content in-vitro, which further enables characterizing the tissue biomechanics under 
controlled hydration. 
 
VI.1.8. Microstructural Deformations of Arterial Tissue under Stress 
Relaxation and Deformation Recovery 
Shahmirzadi D, Hsieh AH 
Biomedical Engineering Society Annual Fall Scientific Meeting, October 7-10, 2009, 
Pittsburgh, PA 
Elucidating how microstructural deformation is related to external loading is critical 
for understanding biomechanics of many cardiovascular disorders. In this study, we 
sought to examine the macro- and microstructural deformations of aortic tissue when 
circumferential tissue samples undergo stress relaxation at different levels of constant 
stretch. Macroscale deformations of the rectangular samples were characterized 
through photographs taken before and after stress-relaxation. At the end of each 
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experiment, samples were chemically fixed —while being kept stretched to minimize 
ongoing microstructural deformation during fixation—, processed for histological 
examinations and stained with a modified Verhoff‘s hematoxylin protocol. It was 
found that at the end of the relaxation period, width and thickness of the stretched 
samples decreased almost equally while the computed volume of the samples 
remained constant. For samples stretched at L=1.4, histology showed that the fibrous 
structure at the inner regions took an organized configuration with straighter lamellae 
along the load/stretch direction, whereas the outer regions showed undulated fibrillar 
structure. Higher stretching of the samples up to L=2 shifts the directed fibrillar 
structure toward the outer regions of the wall thickness, where the fibrillar 
microstructure at the inner regions became fractured into unorganized patterns. These 
observations reflect the transition of active load-carrying microstructural components 
from inner toward outer regions of wall thickness when external load/deformation 
increases. 
 
VI.1.9. Characterizing Deformation-Induced Changes in Aortic 
Microstructure Using Image Processing Techniques 
Shahmirzadi D, Hsieh AH 
Society of Experimental Mechanics Fall Symposium and Workshop on Advanced 
Image-Based Measurement Methods, October 5-7, 2009, Columbia, SC 
Elucidating how tissue deformations are transduced to the microstructural level is 
essential for understanding the role of mechanical stress on cellular function and 
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matrix damage in cardiovascular disease. Unlike at the tissue scale, where 
measurements of sample dimensions are sufficient to capture deformation, 
characterizing deformation at microstructural scale is a challenge. The primary 
obstacle in characterizing tissue fibrillar microstructure arises from the complex 
patterns of individual fibers with regional variations throughout the microstructure. In 
this study, we tested aortic tissue samples under different mechanical deformations, 
performed histological procedures to obtain microstructural images, and used image 
processing techniques to characterize fiber organization. Given the preferred direction 
of fibrillar structure around the aorta circumference, we aligned the main axis of the 
image along the circumferential direction and applied Hough and Fourier 
transformations to histology images in order to identify fibrillar directions, 
undulations and random distributions. Specifically, we were interested in 
distinguishing organized patterns of straightened fibrillar structure for loaded samples 
from disorganized patterns of undulated fibrillar structure for relaxed samples. 
Resulting Hough and Fourier images were averaged over entire samples in each of 
two categories which, collectively, enabled us to quantify microstructural changes 
during sample deformation. 
 
VI.1.10. Quantifying Microscale Solid Area via Macroscale Measurements 
of Soft Tissues: Application to Elastin Fibers in Arterial Tissue 
Shahmirzadi D, Hsieh AH 
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5th International Congress of Nano-Bio Clean Tech, October 27-30, 2008, San 
Francisco, CA 
Characterization of micromechanical behavior of materials is a vital factor to 
engineering design of artificial materials or substitutes for biomaterials. A critical 
aspect for achieving this is accurate quantitation of stress and strain, a task that can be 
challenging when dealing with fiber-reinforced composites. Inherent is the ability to 
quantify solid cross-sectional area. Mechanics of most biological soft tissues is 
regulated by preferentially-oriented proteins networks embedded within amorphous 
ground matrix, compounded by hydration through interstitial fluid and interactions 
among different protein components. One approach to understanding these complex 
interactions is by initially characterizing the mechanics of individual structural 
components. In this study, a method is proposed to account for the area within arterial 
tissue that is occupied by elastin fibers, the primary component of the tissue that 
governs viscoelasticity. The method provides an adjustment factor, based on the 
elastin microstructure, to approximate the portion of the total (cross sectional) area of 
the tissue. This procedure provides a means to utilize routine macroscale 
measurement techniques to estimate microscale tissue features, which typically 
require destruction of the sample. The proposed method is a phenomenological one 
which reflects some of the structural alterations in the tissue during tissue hydration, 
which changes the effective area occupied by elastin fibers. Results were consistent 
with a few similar reports in the literature. The same fundamental approach can be 




VI.1.11. Effects of Arterial Tissue Storage and Burst Failure on Residual 
Stress Relaxation 
Shahmirzadi D, Hsieh AH, Haslach HW 
Presented at the 34th Annual Northeast Bioengineering Conference, April 4-6, 2008, 
Providence, RI 
This study examines how the relaxation of circumferential residual stress in the aortic 
tissue is altered with degradation of the tissue with in-vitro storage or circumferential 
expansion until failure. Results show that both treatments attenuate the effects of 
residual stress relaxation as assessed by the opening angle. Possible reasons for such 













VI.2. Computer Codes 
The majority of computations required in this research were performed in the 
MATLAB® environment (The MathWorks Inc, Natick, MA). MATLAB® built-in 
codes were used whenever available, and customized programs were written 
whenever built-in codes were unavailable. The following section provides the main 
written computer codes. 
 
VI.2.1. Hough and Fourier Transformation  
clc 
   
Fourier1=[ 
4.41    7.27    9.33    6.01    6.70; 
2.70    5.61    8.56    4.46    5.63; 
6.51    7.24    0.00    6.71    0.00; 
5.70    5.99    0.00    5.98    0.00]; 
figure; bar(Fourier1) 
xlabel('Native(inner)    Native(outer)    Elastin-isolated(inner)    
Elastin-isolated(outer)') 
ylabel('Aspect ratio in Fourier images') 
figure; bar(Fourier1') 
xlabel('Unstretched   Stretched to 1.4   Stretched to 2.0   
Recovered from 1.4   Recovered from 2.0') 
ylabel('Aspect ratio in Fourier images') 
    
Hough1=[ 
30.75  9.55    3.71   28.71   11.90 ; 
33.16  27.77  22.43   31.57   26.89; 
28.99  19.61   0.00   26.20   0.00; 
26.77  22.02   0.00   23.35   0.00]; 
figure; bar(Hough1) 
xlabel('Native(inner)    Native(outer)    Elastin-isolated(inner)    
Elastin-isolated(outer)') 
ylabel('Average fibrillar angle in Hough images') 
figure; bar(Hough1') 
xlabel('Unstretched   Stretched to 1.4   Stretched to 2.0   
Recovered from 1.4   Recovered from 2.0') 









































% %---> Native tissue 
% WC=[378.97 306.35 228.79 137.57 82.43]; 
% SC=[0 5 10 20 40]; 
% RH=[99 98 94 60 53]; 
%---> Matrix-fragmented tissue 
% WC=[310.57 271.03 202.77 120.99 66.86]; 
% SC=[0 5 10 20 40]; 
% RH=[99 98 95 85 67]; 
% %---> Elastin-isolated Tissue 
WC=[325.77 281.90 222.25 122.76 67.55]; 
SC=[0 5 10 20 40]; 
RH=[99 98 96 87 71]; 
  
%---------- WC-SC Interpolation 
subplot(1,2,1) 
hold off 
x=WC;y=SC; plot(x,y,'*K'); hold 
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% %----> Native tissue 




%----> Matrix-fragmented tissue 









plot(X,Y,'K');xlabel('Water content (%)');ylabel('Solute 
concentration (%)'); title('a. Curve fitting on WC-SC data') 
  
%---------- SC-RH Interpolation 
subplot(1,2,2) 
hold off 
x=SC;y=RH; plot(x,y,'*K'); hold 
% %----> Native tissue 




%----> Matrix-fragmented tissue 




% %----> Elastin-isolated tissue 




plot(X,Y,'K'); xlabel('Solute concentartion (%)');ylabel('Relative 
humidity (%)'); title('b. Curve fitting on SC-RH data') 
 
VI.2.3. Stress-Relaxation, Maxwell Model and Slope of Stress Curves 
% -----NATIVE------1.4---------0% PEG 
time=time_native_0_spec01; area=97.81; force=force_native_0_spec01;  
a=5.10; b=-0.03; c=50; d=-6.72e-5;   %RMSE=0.21%<-- 2 Maxwell models 
in parallel 
  
% -----MATRIX------1.4----------0% PEG 
time=time_matrix_0_spec01; area=68.55; force=force_matrix_0_spec01; 
a=5.24; b=-0.03; c=30.18; d=-4.95e-5; %RMSE=0.25 %<-- 2 Maxwell 




% -----ELASTIN-----1.4----------0% PEG 
time=time_elastin_0_spec02(1:6000); area=84.62; 
force=force_elastin_0_spec02(1:6000); 
a=5.25; b=-0.05; c=33.17; d=-2.67e-6;   %RMSE=0.15 %<-- 2 Maxwell 
models in parallel 
  
% -----NATIVE------2.0---------0% PEG 
time=time_native_0_spec04(1:6000); area=85.88; 
force=force_native_0_spec04(1:6000); 
a=15.58; b=-0.01; c=79.45; d=-3.06e-5; %RMSE=0.76; %<-- 2 Maxwell 
models in parallel 
  
% -----NATIVE------2.0---------20% PEG 
time=time_native_20_spec01(1:6000); area=54.17; 
force=force_native_20_spec01(1:6000); 
a=62.2; b=-0.022; c=125.5; d=-0.15e-03; %RMSE=2.58 %<-- 2 Maxwell 
models in parallel 
  
% % -----NATIVE------2.0---------40% PEG 
time=time_native_40_spec01(1:6000); area=39.81; 
force=force_native_40_spec01(1:6000); 
a=69.32; b=-0.02; c=189.5; d=-0.24e-03; %<-- 2 Maxwell models in 
parallel 
  
%------------------------------------- raw stress data-------------- 
stress=force/area*1000; size1=size(stress); 
% plot(time,stress); hold 
  
%------------------------------------ raw stress data- impulse part 
removed-------------- 
[M,I]=max(stress); size1=size(stress); stress=stress(I:size1(2)-1); 
time=time(I:size1(2)-1); 
plot(time,stress); plot(time, a*exp(b*time)+c*exp(d*time)); 
  















e_stress(size1(2)),slope_stress(size1(2))]; %<----augmenting data to 
account for two pairs of endpoints data 
for i=2:size1(2)-1 
    slope_stress_ave2_temp=mean(slope_stress_aug2(i-1:i+5)); 
















orm(size2(2)),stress_norm(size2(2))]; %<----augmenting data to 
account for two pairs of endpoints data 
for i=2:size2(2)-1 
    stress_norm_ave2_temp=mean(stress_norm_aug2(i-1:i+5)); 










This section furnishes descriptions to any abbreviation, uncommon terminology or 
notations that have been used throughout this dissertation. The notation adopted in 
this dissertation is to indicate a scalar simply by the proper character, a vector by 
placing the ―‖ sign above the character and a tensor by placing the ― ~ ‖ sign 
underneath the character. The ― ' ‖ sign at the top of the character shows the 
differentiation of the character with respect to the variable under consideration. The 
differentiation with respect to time is specifically shown by the ―.‖ sign above the 
character. Depending on the context, some characters are used to describe multiple 
parameters, which are separated by the ―;‖ sign. 
 
c  Dashpot component constant 
kF  Force within spring component 
~
C  Right Cauchy-Green strain 
tensor 
GAG Glycosaminoglycan 
d  Diameter J  Determinant of the 
deformation gradient tensor 
~
E  Green-Lagrange strain tensor k  Spring component constant; 
Boltzman‘s constant 
ECM Extracellular Matrix l  Length 
~
F  Deformation gradient tensor ~
l  
Lagrange multiplier 
F  Force LPM Liquid Phase Method 
cF  Force within dashpot component LSE Least Squares Error 
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LVM Liquid vapor method u  Displacement 




Displacement vector in spatial 
coordinate 
dm  Sample‘s Dried Mass VPM Vapor Phase Method 
hm  Sample‘s Hydrated Mass VSM Vascular Smooth Muscle 
wm  Water Mass w  Width 
n Number of required samples W  Strain energy function 
p  Pressure WC  Water Content 
~
P  1st  Piola-Kirchhoff stress tensor gWC  Gravitational water content 
PEG Polyethylene Glycol x  Location along the aorta 
Q  Function of Green strain tensor z  Axial direction 
r  Radius; Radial direction   Significance level 
RH  Relative humidity 
~
  Engineering strain tensor 
RMSE Root mean squared error   Smallest difference to be 
detected 
~
S  2nd Piola-Kirchhoff stress tensor 
~
  Stretch tensor 
SC  Solute Concentration u  Ultimate stretch 
SMC Smooth Muscle Cell   Degrees of freedom 
t  Time; Thickness   Angle; Angular direction 
T  Temperature 
~
  Cauchy stress tensor 
dT  Denaturation Temperature c  Circumferential stress 
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  Stress; true standard deviation   
~
AI  First invariant of tensor ~A  
  
~
AII  Second invariant of tensor ~A  
  
~
AIII  Third invariant of tensor ~A  
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